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Abstract
The rupture of arterial plaques is the most common cause of ischemic complications
including stroke, the fourth leading cause of death and number one cause of long
term disability in the United States. Unfortunately, because conventional diagnostic
tools fail to identify plaques that confer the highest risk, often a disabling stroke
and/or sudden death is the first sign of disease. A diagnostic method capable of
characterizing plaque vulnerability would likely enhance the predictive ability and
ultimately the treatment of stroke before the onset of clinical events.
This dissertation evaluates the hypothesis that Acoustic Radiation Force Impulse
(ARFI) imaging can noninvasively identify lipid regions, that have been shown to
increase a plaque’s propensity to rupture, within carotid artery plaques in vivo. The
work detailed herein describes development efforts and results from simulations and
experiments that were performed to evaluate this hypothesis.
To first demonstrate feasibility and evaluate potential safety concerns, finite-
element method simulations are used to model the response of carotid artery plaques
to an acoustic radiation force excitation. Lipid pool visualization is shown to vary as a
function of lipid pool geometry and stiffness. A comparison of the resulting Von Mises
stresses indicates that stresses induced by an ARFI excitation are three orders of
magnitude lower than those induced by blood pressure. This thesis also presents the
development of a novel pulse inversion harmonic tracking method to reduce clutter-
imposed errors in ultrasound-based tissue displacement estimates. This method is
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validated in phantoms and was found to reduce bias and jitter displacement errors
for a marked improvement in image quality in vivo. Lastly, this dissertation presents
results from a preliminary in vivo study that compares ARFI imaging derived plaque
stiffness with spatially registered composition determined by a Magnetic Resonance
Imaging (MRI) gold standard in human carotid artery plaques. It is shown in this
capstone experiment that lipid filled regions in MRI correspond to areas of increased
displacement in ARFI imaging while calcium and loose matrix components in MRI
correspond to uniformly low displacements in ARFI imaging.
This dissertation provides evidence to support that ARFI imaging may provide
important prognostic and diagnostic information regarding stroke risk via measure-
ments of plaque stiffness. More generally, the results have important implications
for all acoustic radiation force based imaging methods used clinically.
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1Introduction
1.1 Purpose
Despite significant advances in the treatment and prevention of stroke, a method ca-
pable of reliably identifying high-risk patients before the onset of clinical events does
not exist. A majority of strokes can be attributed to the rupture of atheroslcerotic
plaques that form in arteries leading to the brain. Unfortunately, while features of
plaques that confer the highest risk of stroke are known, current methods are unable
to reliably detect these features in vivo.
The purpose of this dissertation is to develop and clinically evaluate an
Acoustic Radiation Force Impulse (ARFI) imaging system for identifying
the elusive vulnerable plaque. In simulations, phantom experiments, and in vivo
human studies the ability of ARFI imaging to detect lipid regions, whose presence
has been correlated with the onset of clinical events, is investigated.
While presented in the context of carotid plaque characterization, the work herein
addresses potential safety concerns, improvements in image quality, and implications
regarding clinical utility that are also relevant to other clinical applications of acoustic
radiation force elasticity imaging.
1
1.2 Hypothesis
To evaluate the hypothesis that ARFI imaging can noninvasively identify lipid
regions within carotid artery plaques in vivo the following three specific aims
were addressed in this research:
Aim 1. Use finite-element method (FEM) simulations to model the stresses induced
by an acoustic radiation force excitation in carotid plaque models.
Aim 2. Create a harmonic tracking method to reduce clutter-imposed errors on
ultrasound-based tissue displacement estimates.
Aim 3. Compare ARFI imaging derived measures of plaque stiffness with composi-
tion determined by a Magnetic Resonance Imaging (MRI) gold standard in
vivo.
1.3 Overview
This dissertation encompasses the development and clinical evaluation of an ARFI
imaging system for identifying vulnerable plaques. It includes simulations and experi-
ments to ascertain feasibility, address technical challenges, and ultimately investigate
it’s use in an in vivo human study.
In Chapter 2, the clinical motivation for this work is presented along with general
background information on stroke, atherosclerosis, and vulnerable plaques. Medical
imaging techniques that have been used to characterize carotid plaques are discussed.
Background on the general principles and governing equations of ultrasonic medical
imaging, the primary imaging method used in this work, is provided. A review
of ultrasound-based acoustic radiation force elasticity imaging methods including
an overview of soft tissue mechanics relevant to elasticity imaging, a derivation of
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acoustic radiation force, and a short description of the various acoustic radiation
force imaging methods that have been developed is also provided.
In Chapter 3, a parametric analysis is conducted using FEM simulations to model
ARFI imaging of carotid plaques. Lipid pool visualization is assessed across a wide
range of geometries and material properties. Safety considerations regarding the
stresses induced by an ARFI excitation are also considered. It is shown that the Von
Mises stresses induced by ARFI excitation are three orders of magnitude smaller
than those induced by blood pressure.
In Chapter 4, a harmonic tracking method for monitoring acoustic radiation
force induced displacements is developed and evaluated. Validated in phantoms, it
is shown there is a negligible difference between harmonic and fundamental methods
in the absence of clutter. In vivo, a marked improvement in ARFI image quality is
demonstrated by the harmonic tracking method that is consistent with a reduction
of clutter-imposed bias and jitter displacement errors.
In Chapter 5, a preliminary in vivo human carotid plaque study is presented that
compares ARFI imaging derived measures of plaque stiffness with composition deter-
mined using an MRI gold standard. It is shown that regions of increased displacement
are spatially registered with lipid regions identified in MRI and that regions of de-
creased displacement corresponded to calcium and/or loose matrix components of
normal media tissue.
In Chapter 6, final conclusions regarding the impact of this work and areas of
future development are addressed. New avenues of exploration brought about by
this research are discussed.
3
2Background
2.1 Clinical Motivation
Stroke, the fourth leading cause of death and number one cause of long term disability
in the United States remains a particular challenge because of the sudden and often
unpredictable nature of its acute manifestations. With approximately 795,000 new
or recurrent strokes each year and an estimated $38.6 billion in total health care
costs, there is considerable interest to improve the predictive ability of stroke prior
to the onset of clinical events [90]. A clinical tool that could reliably identify high-
risk patients would likely help clinicians monitor atherosclerotic progression, plan
treatments, and select patients best suited for surgical intervention.
Plaque rupture, which can lead to the formation of blood clots that block blood
flow, is a major cause of stroke [215]. The surgical removal of these plaques that form
during atherosclerosis is commonly performed via a carotid endarterectomy (CEA)
to prevent and treat stroke. In the United States, approximately 120,000 CEAs are
performed each year [98, 72]. Currently, the selection of patients for CEA is based
upon the degree of luminal stenosis (narrowing) caused by arterial plaques and the
4
presence or absence of neurological symptoms related to stroke.
There are two significant problems with the stenosis criteria currently used to
assess stroke risk. First, research has shown that plaque growth is commonly as-
sociated with expansive remodeling of the artery, in which the artery expands to
counteract a decreased luminal size, such that a majority of advanced plaques can-
not be characterized on the basis of arterial stenosis [159, 89, 185]. Moreover, most
plaques underlying myocardial infarction are less than 70% stenosed, meaning that
the degree of stenosis is only partially effective in predicting ischemic events, and
explains why a large number of high-risk atherosclerotic plaques go undetected [25].
Secondly, while large prospective studies have demonstrated a clear benefit from
CEA in patients with severe (ą 69%) stenosis, the benefits are less clear in symp-
tomatic patients with moderate (50 – 69%) stenosis due to the inherent risks of
surgery [70, 244, 14]. In the North American Symptomatic Endarterectomy Trial
(NASCET), for instance, the relative risk reduction from CEA compared to medical
therapy in patients with moderate stenosis was 29%. With a surgical complication
rate of 2%, 15 patients in this group would have to undergo a CEA to prevent one
stroke at five years [70]. The somewhat surprising conclusion from these studies was
that a vast majority of surgical patients do not benefit from CEA [70, 244, 14].
Despite significant investment into its treatment and prevention, stroke remains
a major health problem because current diagnostic methods are unable to identify
patients with rupture prone plaques before a stroke occurs. There is a clear unmet
clinical need for a reliable imaging method capable of identifying plaques
that confer the highest risk of stroke [92]. It is likely the identification of
these so-called “vulnerable” plaques could significantly reduce the number of high-
risk patients that go undetected and therefore untreated. In addition, the ability to
identify stable plaques could spare tens of thousands of patients each year the risk
and costs of surgical intervention.
5
Evidence has shown that geometric and compositional features of atherosclerotic
plaque are closely correlated with sites of rupture and the onset of clinical events
[129, 80, 241, 193]. In particular, plaques with a large necrotic lipid core and a
thin fibrous cap are believed to be more vulnerable than otherwise fibrotic and/or
calcified plaques. Mechanical testing of excised plaque specimens have demonstrated
that lipid cores are several orders of magnitude softer than fibrotic and calcified tissue
[136, 128]. This high degree of contrast in stiffness between the components
of a vulnerable plaque compared to those in a stable plaque suggests an
imaging method capable of characterizing plaque stiffness may be able to
identify high-risk patients.
This thesis describes the development and evaluation of an ARFI imaging method,
an ultrasound-based technique, to identify vulnerable, soft lipid-filled carotid plaques
from otherwise more stable, stiff fibrotic and/or calcified plaques in vivo.
2.2 Stroke, Atherosclerosis, & Vulnerable Plaque
A stroke is the loss or reduction of blood flow to the brain. This deprives the
brain of oxygen and nutrients and can lead to brain cell death. Symptoms, which
typically occur late in the course of disease, can include temporary and/or permanent
neurological damage, sensory disturbances, problems with thinking and memory, and
even sudden death. A stroke can be caused by: 1) the obstruction of an artery leading
to the brain (ischemic stroke) or 2) the rupture of an artery in the brain (hemorrhagic
stroke). Ischemic strokes occur due to the blockage of arteries by blood clots that
can form either at the site of arterial plaques (thrombus) and/or elsewhere in the
body (embolus), such as the heart, which then travel in the bloodstream towards the
brain. Nearly 87% of all strokes are ischemic with at least 15–20% of these that can
be attributed to atherosclerosis in the carotid arteries [155, 186].
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Figure 2.1: Fatty streaks of aggregated macrophages represent the earliest de-
tectable lesions in arteries. Increased lipid content and significant cell death pro-
motes expansion of intermediate lesions into atheromas containing hypocellular lipid
pools surrounded by normal tissue of the intima. Remodeling of the intimal layer
to include large sections of fibrotic tissue is believed to occur late in the course of
disease. Image reprinted with permission from [119].
The normal artery consists of three layers: the intima, media, and adventitia.
The intima, the innermost layer, is a thin layer of endothelial cells that are in direct
contact with the blood within the hollow interior (the lumen) of the artery. The
middle layer, the media, is comprised of elastic tissue and smooth muscle cells that
contract to regulate blood flow. Stiff fibrous connective tissue in the adventitia, the
outermost layer, provide structural support for the artery. Atherosclerosis is char-
acterized by a thickening and stiffening of arteries due to the accumulation of fatty
deposits, inflammation, and smooth muscle cells within these layers. It is a slow,
complex, and silent process that begins early in adolescence and as shown in Figure
2.1 can - over the course of several decades - lead to the development of plaques
(e.g. lesions or atheromas) [159]. According to the “Response to Injury Hypothesis”
[198] atherosclerosis is a natural inflammatory response of the body to an injury
or dysfunction of the endothelial cells in the intima. Elevated levels of low-density
lipoprotein (LDL); free radicals caused by cigarette smoking, hypertension, and dia-
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betes mellitus; genetic alterations; infectious microorganisms; and a combination of
these and other factors are believed to cause the initial damage [197].
The immune response to endothelial damage involves the recruitment of leuko-
cytes, cells of the immune system, to the site of endothelial damage. The complex
interaction of these leukocytes with the resident smooth muscle and endothelial cells
of the artery can result in plaques of varying composition that can change through-
out the course of disease [239, 240]. Significant cell death of smooth muscle cells and
lipid filled macrophages (foam cells) between the intimal and medial layers of the
artery are believed to result in focal sites of necrosis and the formation of a necrotic,
lipid-filled core. To rebuild and replace tissues, smooth muscle cells and fibrous con-
nective tissues can be recruited to sites of inflammation. In addition, remodeling of
the intimal layer may result in the development of a hypocellular fibrous cap that
separates the lipid core from the blood stream.
A life threatening situation occurs when the fibrous cap ruptures because it allows
the thrombogenic (i.e. thrombus or clot producing) material of cholesterol and debris
within the lipid core to enter the blood stream. An estimated 60–80% of ischemic
complications including stroke and myocardial infarction have been attributed to the
rupture of arterial plaques [43, 24, 25, 75, 215]. Retrospective analysis of histological
data has shown that soft plaques containing a large lipid core with a thin fibrous cap
separating the lipid pool from the lumen, often termed thin cap fibroatheromas, are
more susceptible to rupture [129, 80, 241, 193]. From a structural standpoint, plaque
rupture is believed to occur when the fracture strength of the fibrous cap is exceeded
by mechanisms such as blood pressure or hemodynamic forces. A large, soft lipid
core, whose lack of supporting collagen makes it unable to bear an imposed load,
is believed to be particularly dangerous because it confers greater stress within the
overlying cap (Figure 2.2). A thinner fibrous cap is believed to be more vulnerable
because it is associated with increased stresses and a lower fracture strength.
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Figure 2.2: Comparing the key features of: 1) a normal (i.e. plaque-free artery, 2)
an artery containing a large, soft, lipid-filled plaque with a thin fibrous cap (vulner-
able plaque), and 3) an artery containing a small lipid pool and a stiff, thick, fibrous
plaque (stable plaque).
2.3 Medical Imaging of Atherosclerotic Plaques
Recent advancements in medical imaging offer enticing capabilities for the improved
assessment of atherosclerotic risk. Whereas traditional measurements of stenosis can
only diagnose atherosclerosis during advanced stages of the disease, new diagnostic
methods target the identification of morphological and/or compositional features
that provide an earlier assessment of plaque vulnerability and atherosclerotic risk
[206, 245]. Following is a brief review of the most promising of these imaging methods
that are now in clinical use or in clinical trials.
X-ray Computed Tomography (CT)
X-ray computed tomography (CT) is a well-established technique and CT angiograms
are frequently performed to asses carotid artery stenosis. While calcifications are
easily detected with CT, only moderate characterization of other plaque components
including lipid-rich tissues has been shown [248, 39]. In addition, the high ionizing
radiation dosage of CT is a disadvantage because it poses potential safety concerns.
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Figure 2.3: MR images of a carotid artery plaque obtained using a multi-contrast
weighted MR sequence consisting of Time of Flight (TOF), T1 weighted (T1W),
intermediate weighted (IMW), and T2 weighted (T2W) scans. The arrowheads indi-
cate remaining parts of a ruptured fibrous cap, where the arrow indicates the rupture
site. The presence of a lipid pool is indicated by the region that is hyperintense on
TOF and T1W and hypointense on IMW and T2W, where the signal intensity of
each region is compared to that of the sternomastoid muslce adjacent to the artery.
Image reprinted with permission from [203].
Magnetic Resonance Imaging (MRI)
While current limitations in temporal and spatial resolution make it unfeasible for
small arteries such as the coronary, numerous groups have demonstrated the ability to
differentiate lipid, fibrous, calcified, hemorrhagic, and thrombotic regions in carotid
plaque using magnetic resonance imaging (MRI) in vivo [101, 100, 203, 202, 225,
251, 253, 161, 230, 233, 116]. A majority of these efforts have been made possible
due to the development of so-called “multicontrast-weighted” MRI approaches that
acquire multiple unique MRI scans and compare changes in signal intensity between
the scans to differentiate various tissue components [253]. Figure 2.3 shows a set
of MRI carotid plaque images from a multi-contrast-weighted sequence comprised
of: 1) Time-of-Flight (TOF), 2) T1-weighted (T1W), 3) proton-density-weighted
(PDW) or intermediate-weighted (IMW), and 4) T2-weighted (T2W) scans [203]. For
improved detection of plaque tissues containing neovasculature, such as the fibrous
cap, the use of gadolinium-based contrast agents is quite common [252, 203]. Using
a standardized imaging protocol and the classification criteria shown in Table 2.1,
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Table 2.1: MRI plaque composition classification criteria [202]
TOF T1W PDW T2W
Lipid-rich/Necrotic Core
No or little hemorrhage o o/+ o/+ -/o
Fresh hemorrhage + + -/o -/o
Recent hemorrhage + + + +
Calcification - - - -
Loose Matrix o -/o + +
Dense (fibrous) Tissue - o o o
The classification into the different tissue subgroups is based on the
following signal intensities relative to adjacent muscle: hyperintense (+);
isointense (o); and hypointense (-)
sensitivity and specificity of 95% and 76% for the lipid-rich necrotic core, 84% and
91% for calcification, 87% and 84% for hemorrhage, and 79% and 77% for loose
matrix, respectively, have been reported for areas ą 2 mm2 using histology as a gold
standard [202]. Despite it’s potential, the long acquisition times, need for specialized
surface coils to achieve sufficient SNR, and high cost make MRI impractical for
routine clinical screening.
Medical Ultrasound Imaging
Medical ultrasound, discussed in more detail in Section 2.4.1, provides a safe and rel-
atively inexpensive alternative to the dangers of ionizing radiation in CT and the high
cost of MRI. Transcutaneous ultrasound is commonly used in duplex examinations
that use B-mode and Doppler imaging to visualize arterial flow and plaque struc-
ture in the carotid artery. Measurements of B-mode carotid intima-media thickness
(IMT) have long been reported to assess general atherosclerotic risk and increased
IMT measurements have been correlated with a higher prevalence of clinical cardio-
vascular events [137]. Despite its routine use and ease of implementation, however,
the poor reproducibility of B-mode IMT measurements brings into question their
use as a surrogate marker [114]. Using B-mode gray-scale classification, it has been
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shown that hypoechoic and heterogeneous plaques are often related to neurological
events [1, 95]. The subjectivity of this approach, however, and dependence upon pa-
rameters including gain level, image compression, and monitor brightness are likely
reasons for inconsistent reproducibility [9].
For imaging deep vessels, where sufficient penetration depth cannot be achieved
noninvasively, ultrasound can also be implemented on small catheter arrays, in a
method termed intravascular ultrasound (IVUS), to measure plaque size and arterial
wall thickness in vessels as small as the coronary artery. Based on the spectral
analysis of ultrasonic backscatter, an IVUS method termed Virtual Histology (VH-
IVUS) [160] has been shown to have an in vivo predictive accuracy of 87.1% and
88.3% in coronary arteries for fibrous and necrotic core regions respectively [162].
Ultrasound-based elasticity (e.g. elastography) imaging methods that characterize
the mechanical properties (i.e stiffness) of soft tissues have received much attention
in recent years. These methods work on the basic principle that when the same
force is applied, a stiffer material will deform less than a more compliant, softer
material. Thereby measurements of deformation (i.e. displacement and/or strain)
are related to the mechanical properties of the tissue. In the coronary artery, IVUS
based elastography methods have reported a strong correlation between the num-
ber of high strain regions and the clinical symptoms presented by the patient [124,
209]. Nonetheless, because they are invasive, it is unlikely that any intravascular
approach, including VH-IVUS and/or IVUS elastography, will be used outside the
catheterization lab for use in routine screening [124].
Another ultrasound-based elasticity imaging method, termed Acoustic Radiation
Force Impulse (ARFI) imaging, has also shown promise for its ability to character-
ize the stiffness of carotid artery plaques. Briefly, ARFI imaging - which is further
discussed in (Section 2.5) and is the focus of this dissertation - measures the tissue
displacements induced by a localized, impulsive acoustic radiation force excitation
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to differentiate regions of soft tissue (i.e. high displacement) from stiffer (i.e. low
displacement) regions. Towards characterizing the mechanical properties of arterial
tissue, ARFI imaging has been used in several ex vivo and in vivo scenarios. Note-
worthy contributions include Trahey et al. [231], who showed ARFI images depicting
a region of increased displacement that was spatially registered to a pathologically
confirmed lipid-filled region in an ex vivo popliteal artery. In a relevant pig model of
atherosclerosis, histological changes in collagen and elastin content have been shown
to be associated with regions of low displacement in ARFI images both ex vivo [64]
and in vivo [16]. Most recently, Dahl et al. [41] observed regions of increased dis-
placement surrounded by otherwise low-displacement regions, characteristic of soft
lipid cores with thin fibrous caps, in carotid plaques of atherosclerotic human sub-
jects in vivo. Despite the promise demonstrated in these studies, to date no in vivo
validation of ARFI imaging in human subjects has been published.
2.4 Medical Ultrasound
2.4.1 Basic Operation & System Components
Medical ultrasound, also called sonography, is a tomographic imaging technique that
shows images of subcutaneous tissues. The benefits of ultrasound, compared to other
imaging modalities, include that it uses non-ionizing radiation, is relatively low in
cost, portable, noninvasive, and real-time. These advantages allow ultrasound to
be used in a variety of clinical environments and are the reason why it is the most
utilized form of diagnostic imaging.
The basic operation of a diagnostic ultrasound system includes the transmission
of a high frequency acoustic (pressure) wave into the body followed by the reception,
processing, and display of returning echoes from structures and tissues within the
body. The block diagram in Figure 2.4 shows the major components of a basic ultra-
sound system. The central digital controller takes input from the control console (i.e.
13
Figure 2.4: Major components of a basic ultrasonic imaging system.
user interface) and outputs instructions and signals to the other system components.
The transmit beamformer modulates waveforms generated by the central digital con-
troller and converts these waveforms to an analog voltage signal that is input to the
transducer. The transducer contains piezoelectric elements that convert the applied
voltage to an acoustic wave that is transmitted into the tissue. The transducer also
receives returning echoes, which are converted to radiofrequency (RF) signals and in-
put to the receive beamformer. Analog-to-digital (A/D) and digital-to-analog (D/A)
converters are used to communicate information between the analog signals at the
transducer and the digital signals within the beamformers. Focal delays and apodiza-
tion applied within the transmit and receive beamformers are used to independently
focus and/or steer the acoustic waves on transmit and receive. The summation of
delayed signals from multiple elements in the receive beamformer creates a single
receive-focused beamformed signal. Post-processing steps include envelope detection
and compression of the beamformed signal, which is shown as a single amplitude
line (A-line) on the display. Typically, 2D tomographic images are presented in
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Figure 2.5: Ultrasound coordinate system. The x, y, and z axes represent the
lateral or azimuthal, elevation, and axial or depth dimension respectively. A standard
2D tomographic imaging slice represents the axial-lateral plane.
brightness mode (B-mode) images that depict the relative strength and location of
received echoes. These images, which are made up of multiple A-lines, are created
by translating the transmit and receive aperture across the array [37, 34].
2.4.2 Coordinate System, Resolution, & Point Spread Function
The coordinate system for ultrasound imaging is shown in Figure 2.5. For a 2D
imaging system, the displayed tomographic slice is defined by the axial and lat-
eral dimensions. The ability of an ultrasound system to discriminate closely spaced
targets is specified by its spatial resolution, whose three components define the res-
olution volume. At the focus, a modern high frequency ultrasound transducer has
a resolution volume approximately equal to 150µm (axial) ˆ 300µm (lateral) ˆ
1000µm (elevation).
The resolution in the axial dimension (res axial) is related to the transmitted pulse
length (T ) and speed of sound (c) – which is typically assumed to be 1540 m/s in
soft tissue – and can be expressed as Equation 2.1.
res axial “ cT
2
(2.1)
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The lateral resolution (res lateral) and elevation resolution (res elevation) are depen-
dent upon the wavelength of the pulse (λ), the acoustic focal length (z), and the
width of the source aperture (D) in the lateral or elevation dimension respectively,
according to Equation 2.2. Here, the f-number (F {#) describes the focal configura-
tion or spatial geometry of the acoustic pulse and is defined according to Equation
2.3.
res lateral{elevation “ λz
D
“ λF {# (2.2)
F {# “ z
D
(2.3)
Also related to the focal configuration of the acoustic pulse is the depth-of-field
(DOF), defined according to Equation 2.4, which describes the axial distance over
which the acoustic beam maintains its approximate focal size.
DOF “ 8pF {#q2λ (2.4)
The transmit and receive acoustic pulses can be independently focused and there-
fore have different resolutions. The combined transmit-receive resolution is the full-
width-half-max (FWHM) of the imaging system’s point spread function (PSF), which
represents the output of the ultrasound system to an ideal point target. The imag-
ing system PSF can be described in terms of the transmit-only PSF (PSFTX) and
receive-only PSF (PSFRX) according to Equation 2.5.
PSF “ PSFtransmit ˆ PSFreceive (2.5)
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2.4.3 Acoustic Wave Propagation (Linear Approximation)
The sound wave transmitted into the body is a compressional pressure wave whose
propagation is associated with changes in particle displacement, velocity, density,
pressure, and temperature. Assuming small pressure amplitudes, where variations
in density due to the action of the waves can be neglected, the wave propagation
can be written in the linearized 3D form of the wave equation for an ideal fluid
assuming an adiabatic process as Equation 2.6, where p is pressure, t is time, z is
the propagation distance, and c is the speed of sound. As described according to
Equation 2.7, the speed of sound (i.e. longitudinal wave speed) is related to properties
of the medium including the density at equilibrium (ρo), Bulk Modulus (K), and
adiabatic compressibility constant (κ) [34].
∇2p´ 1
c2
B2p
Bt2 “ 0 (2.6)
c “
d
K
ρo
“ 1?
κρo
(2.7)
As it propagates through tissue, the transmitted wave is attenuated via scattering
and absorption, but also reflected back towards the transducer. Differences in how
the wave is reflected are due to localized differences in the acoustic impedance (Z),
which represents the physical basis upon which diagnostic ultrasound distinguishes
material boundaries and structures. The acoustic impedance can be described in
terms of the density and speed of sound, according to Equation 2.8 [34].
Z “ ρoc (2.8)
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2.4.4 Harmonic Imaging
When the small-scale approximations used to derive the linear wave equation (Equa-
tion 2.6) are not valid, the propagation of an ultrasonic wave in soft tissue is not
a linear process. Nonlinear changes in tissue density result in differences in sound
speed during compression and rarefaction of the acoustic wave. This leads to a distor-
tion of the propagating wave and the generation of harmonic frequency components
that occur at integer multiples of the fundamental frequency of the transmitted wave
[109]. The general wave equation that accounts for nonlinearity, up to the 2nd order,
is given by the Westervelt equation (Equation 2.9). Here δ, defined by Equation
2.10, represents the sound diffusivity, β is the nonlinearity coefficient that describes
the amount of nonlinear to linear contribution, µf is the shear viscosity, µB is the
bulk viscosity, k is the thermal conductivity, and cv and cp are the specific heat at
constant volume and pressure, respectively.
∇2p´ 1
c2o
B2p
Bt2 `
δ
c4o
B3p
Bt3 `
β
ρoc4o
B2p2
Bt2 “ 0 (2.9)
δ “ 1
ρo
ˆ
4
3
µf ` µB
˙
` k
ρo
ˆ
1
cv
´ 1
cp
˙
(2.10)
While conventional imaging methods use the fundamental component of returned
echoes, so-called tissue harmonic imaging methods create images from the generated
nonlinear harmonics. The increased frequency of the harmonics provides improve-
ments in spatial resolution. In addition, harmonic imaging has been shown to reduce
clutter and markedly improve image quality [232]. For these reasons, the use of tis-
sue harmonic imaging has become ubiquitous. An example image demonstrating the
improvement in harmonic imaging is shown in Figure 2.6, which compares a 4 MHz
fundamental image with a second harmonic (i.e. 8 MHz) image of a jugular vein (JV)
and carotid artery (CA) in a subject with known atherosclerotic plaques (indicated
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Figure 2.6: Spatially matched a) 4 MHz fundamental and b) second harmonic (i.e.
8 MHz) B-mode image of a jugular vein (JV) and carotid artery (CA) with atheroscle-
rotic plaques. Less clutter is observed in the harmonic image (b) compared to the
fundamental image (a), particularly in the JV and CA, where improved image quality
provides better visualization of the vessel lumens and arterial plaques (arrows).
by arrows). Compared to the fundamental image, the harmonic image shows 1) de-
creased amplitude indicative of the reduced SNR of the harmonic component and 2)
decreased speckle size (i.e. improved spatial resolution) associated with the increased
frequency of the harmonic. Overall, the harmonic image demonstrates reduced clut-
ter and a marked improvement in the visualization of the vessel lumens in the JV
and CA and improved visualization of the complex plaque geometries.
Two primary methods exist to obtain the harmonic components from returned
echoes. In the filtered approach, a bandpass filter is used to remove all but the se-
lected harmonic components from the received signal [35]. Alternatively, the pulse
inversion (PI) technique transmits two pulses with opposite polarity and then sums
their respective echoes [28]. When summed, the linear and odd harmonic compo-
nents cancel while the even harmonics double [232, 140]. Due to limited transducer
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bandwidth and because the intensity of the higher order harmonics decrease with
increasing frequency, the second harmonic is typically used in both of these meth-
ods. The doubling of the even harmonic in the pulse inversion method provides an
improvement in signal-to-noise ratio (SNR) compared to the filtered approach. In ad-
dition, overlap in the spectra of the fundamental and harmonic echoes makes remov-
ing the fundamental component, which is typically 10 dB stronger than the second
harmonic component [37], difficult with the filtered approach. Because this overlap
increases with the bandwidth of the transmitted pulses, a narrower bandwidth is
often required to achieve sufficient separation, such that the filtered harmonic ap-
proach involves a trade-off between cancellation of the fundamental echoes and axial
resolution [213, 154]. Because it effectively eliminates problems of spectral overlap
and can be applied to broadband transmit pulsing, the pulse inversion method is
commonly preferred. However, because two pulses must be transmitted to create a
single harmonic echo, the frame rate of conventional pulse inversion methods applied
in B-mode imaging is reduced by half.
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2.5 Acoustic Radiation Force Elasticity Imaging Methods
The work presented in this section was published as:
J. R. Doherty, G. E. Trahey, K. R. Nightingale, and M. L. Palmeri. “Acoustic
Radiation Force Elasticity Imaging in Diagnostic Ultrasound”. IEEE Trans Ultrason
Ferroelect Freq Contr 60.4 (2013), pp. 685–701
2.5.1 Introduction
The elasticity (i.e. stiffness) of soft tissues has been related to pathological condition
since early medicine. In 400 B.C. Hippocrates noted that abdominal swellings that
are “soft, free of pain, and yield when pressed with the finger, are more chronic”
compared to those that “as are painful, hard, and large, indicate danger of speedy
death” [4]. The use of manual palpation to assess tissue health and monitor disease
progression is still commonly used in routine physical examinations. For instance, the
presence of stiff masses found during routine breast exams is often an early indication
of breast cancer [228, 249, 15, 61]. While indispensable for medical diagnosis, manual
palpation methods are relatively subjective and limited to superficial structures.
With the ability to measure the elasticity of tissues deep within the body, ultrasound-
based elasticity imaging techniques offer great clinical promise.
Unlike conventional B-mode imaging that differentiates features with dissimilar
acoustic properties, elasticity imaging methods differentiate features and/or struc-
tures with different mechanical properties. To do this, the methods involve both the
excitation of soft tissues and a monitoring of the deformation response. This response
can be related to either a qualitative and/or quantitative measure of stiffness.
Several groups have been investigating the use of elasticity imaging methods in
ultrasound. These methods can be classified according to the source of excitation
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used to deform the tissue. The first ultrasound-based elasticity imaging methods
relied upon the use of an external force, such as a transducer to compress the skin
as in elastography or strain imaging [172, 173]. Similarly, a mechanical vibrator
can be used to vibrate the tissue at specific frequencies in sonoelasticity [132, 184].
Natural, physiological-based sources can also be used to deform the tissue. These
methods take advantage of breathing, cardiac motion, or arterial pulsation to derive
elasticity information [247, 50, 141, 123, 49]. In this section, we will focus on the
more recently developed acoustic radiation force (ARF) elasticity imaging methods
that generate an acoustic radiation force excitation to cause localized displacements
within the targeted region of interest. For more information on all these methods,
the reader is refferred to excellent reviews provided by [246, 94, 183, 208].
As shown in Figure 2.7, ARF methods use a focused remote device to generate
a sufficient acoustic radiation force to cause localized displacements. Using either a
separate or remote device, the deformation can be monitored spatially and tempo-
rally. Because the force is applied directly to the region of interest, ARF methods are
associated with smaller strains, are less impacted by external boundaries, and unlike
external excitation methods, they do not face problems associated with coupling the
excitation within the targeted region.
In this section, a review of soft tissue biomechanics is provided to describe the
common assumptions and elastic moduli often cited to quantify tissue elasticity. The
phenomenon of acoustic radiation force is discussed with an accompanying derivation.
Various ARF methods, classified according to the temporal duration of the applied
acoustic radiation force and the location of the tracking beams, are discussed along
with clinical applications and commercial implementations for selected methods. In
looking at the future of ARF methods, current challenges and opportunities are
discussed.
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Figure 2.7: General concept of ARF based elasticity imaging methods. 1) A
focused ultrasound transducer is used to generate sufficient acoustic radiation force
to cause localized tissue displacements. 2) The resulting deformation is monitored
using the same or a separate remote device.
2.5.2 Soft Tissue Biomechanics
The deformation due to an applied force of a material body in a reference (i.e. initial)
configuration to some deformed configuration is associated with 1) a restoring stress
that satisfies equilibrium and 2) a strain describing the deformation. In continuum
mechanics, a material body is idealized as being infinitely divisible such that the
deformation, stress, and strain are functions of the position of each infinitely small
volume within the continuum body. A brief review of these concepts is shown in
Figure 2.8, where a restoring stress and associated strain on a small infinitesimal
volume are illustrated for an arbitrarily, yet physically realizable, prescribed loading.
Note, stress and strain are tensor quantities (Appendix A) containing both normal
(i.e. diagonal) and shear (i.e. off-diagonal) components. For a more in depth review of
these concepts and mathematical operations, the reader is referred to any elementary
mechanics reference including [126].
Stress represents the force per unit area that serves to counteract the applied
force. As an equation of equilibrium relating these quantities, Newton’s 2nd Law of
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Figure 2.8: Brief overview depicting an arbitrary, yet physically realizable, restor-
ing stress p~σq and associated strain p~εq that develops in an infinitesimal volume of a
material body when an external force p~fq is applied. a) The restoring stress p~σq sat-
isfies equilibrium, according to Equation 2.11, when an external force p~fq is applied
to the body. b) The resulting deformation can be described by the displacement
field p~uq related to the position of the infinitesimal volume in the reference p ~Xq and
deformed p ~X 1q configurations. c) The associated strain p~εq also describes the defor-
mation and is related to the displacement p~uq according to Equation 2.12. Here, the
deformation is portrayed in 3 different orientations to illustrate both normal strains
(ε11, ε22, and ε33) in the top and side views and shear strains (ε12 and ε21) in the
front view. 24
motion can be expressed in terms of the Cauchy’s stress tensor (~σ) as Equation 2.11,
where ~f represents an externally applied force per unit volume and ~a is the particle
acceleration [126].
fi “ BσijBxj “ ρai (2.11)
The strain relates the deformed configuration of a material to its initial reference
configuration; specifically representing the change in length per unit length. Normal
strains correspond to pure compression and/or expansion, while shear strains involve
a twist (Figure 2.8). As a kinematic expression of particle motion, the strain can be
written in terms of the displacement (~u) according to Equation 2.12.
εij “ 1
2
ˆBui
Bxj `
Buj
Bxi `
Buj
Bxi
Bui
Bxj
˙
(2.12)
The elasticity of a material describes its tendency to deform in response to an
applied force, such that the goal of elasticity imaging methods is to relate stress
and strain. Note however, the equations of stress equilibrium and kinematics are
indeterminate, such that a constitutive equation is needed to relate these quantities.
For complex materials it is nearly impossible to derive a constitutive equation that
can accurately model the material under any loading. As such, many assumptions
are typically made in order to describe the material behavior under the particular
loading conditions being investigated.
In general, soft tissues are viscoelastic, inhomogeneous, and anisotropic [85]. As
viscoelastic materials, soft tissues exhibit properties of both elastic solids and viscous
fluids, whose particular response is dependent upon the frequency of excitation [118].
Ignoring viscous forces and neglecting the non-linear terms in Equation 2.12 (i.e.
assuming small strains) soft tissues are often described to a first-order approximation
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as linear, elastic solids. If homogeneous and isotropic conditions are also assumed,
a constitutive equation describing the relationship between stress and strain can be
represented as Equation 2.13, which depend on two material coefficients known as
the Lame´ constants (λ and µ).
σij “ λεkkδij ` 2µεij (2.13)
Various elastic moduli exist to define the elasticity of a material. In the litera-
ture, the stiffness of a material is most commonly reported in terms of the Young’s
Modulus (E), which describes a material’s resistance to deformation in uniaxial com-
pression/tension. The shear modulus (µ), which is equivalent to the second Lame´
constant, describes the resistance to shear deformation. The Poisson’s ratio (ν) de-
scribes the deformation that occurs orthogonal to that of the applied force. For a ho-
mogeneous, isotropic, linear elastic material Equation 2.13, these moduli completely
define the elasticity of the material and are related according to Equations 2.14–2.16.
For incompressible materials ν = 0.5 and Equation 2.16 reduces to µ “ E{3.
E “ µp3λ` 2µq
λ` µ (2.14)
ν “ λ
2pλ` µq (2.15)
µ “ E
2p1` νq (2.16)
Taking the spatial derivative of Equation 2.13 according to Equation 2.11 and
expressing the particle acceleration in terms of the particle displacement
´
~a “ B2~uBt2
¯
,
the governing equation for wave propagation in a linear, elastic, isotropic material
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can be expressed as Equation 2.17. Here ∇ is the spatial gradient operator, ∇¨ is
the divergence operator, and ∇ˆ is the curl operator.
pλ` 2µqt∇p∇ ¨ ~uqu ´ µt∇ˆ∇ˆ ~uu “ ρB
2~u
Bt2 (2.17)
There are are two primary modes of wave propagation in soft tissues. In longi-
tudinal (i.e. compressional or pressure) waves, the particles oscillate in the direction
of wave propagation. With shear waves, the particles oscillate in a direction that is
transverse with that of the wave propagation [118]. Helmholtz theorem can be used
to decompose the displacement vector field into the curl-free, longitudinal, scalar
potential (ψ) and the divergence-free, transverse, vector potential (~θ) according to
Equation 2.18 [3].
~u “ ∇ψ `∇ˆ ~θ (2.18)
Separating components leads to two wave equations that separately describe the
longitudinal and transverse propagation, defined according to Equation 2.19 and
Equation 2.20 respectively. Note, the speed of the propagating longitudinal waves
(cL) and transverse waves (cT ) are expressed in terms of elastic moduli.
∇2ψ ´ 1
c2L
B2ψ
Bt2 “ 0 , cL “
d
pλ` 2µq
ρ
(2.19)
∇2~θ ´ 1
c2T
B2~θ
Bt2 “ 0 , cT “
c
µ
ρ
(2.20)
A common deviation from the linear elastic model assumed herein, accounts for
the soft tissue being nonlinear such that the stiffness is dependent upon the strain
magnitude. To account for dispersion, in which the stiffness is dependent upon the
excitation frequency, soft tissues can also be modeled as viscoelastic solids [85].
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2.5.3 Acoustic Radiation Force
The phenomenon of acoustic radiation force generation results from the transfer of
momentum from an ultrasonic wave in an attenuating medium, where the pressure
and particle velocity become out of phase. Note, at ultrasonic frequencies soft tissues
do not support shear stresses and are more accurately modeled as viscous fluids [118,
176]. Therefore, the approach by Nyborg [169] and Eckart [69] is followed herein,
using a linear viscous fluid model that, unlike the elastic model, can account for
the appreciable loss of energy from the propagating wave to derive an equation for
acoustic radiation force. For an incompressible material the constitutive equation for
a linear viscous fluid can be described by Equation 2.21; where Dij “ 12
´
Bvi
Bxj `
Bvj
Bxi
¯
represents the rate of deformation, (~v) is the particle velocity, and p is a scalar
pressure. The material constants µB and µf represent the bulk viscosity and shear
viscosity, respectively [126].
σij “ ´pδij `
ˆ
µB ´ 2
3
µf
˙
Dkkδij ` 2µfDij (2.21)
For a fluid particle, the acceleration can be expressed as the sum of the local
particle acceleration and the convective acceleration according to Equation 2.22 [83].
~a “ B~vBt ` ~v ¨∇~v (2.22)
Combining Equation 2.11 and Equation 2.22 leads to the Navier-Stokes equation,
which relates the equation of motion (Equation 2.11) in terms of the velocity com-
ponents. For a linear viscous fluid model described by Equation 2.21, this reduces
to Equation 2.23.
´∇p`
´
k`µf
3
¯
∇∇ ¨ ~v ` µf∇2~v “ ρ
ˆB~v
Bt ` ~v ¨∇~v
˙
(2.23)
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To approximate a solution to Equation 2.23, a perturbation analysis [88] is used to
expand the density, pressure, and velocity in terms of time-dependent approximations
to the steady-state solutions with higher-order, time-independent correction terms.
Applied to the right hand side of Equation 2.23 and keeping up to the second-order
terms, this approximation leads to Equation 2.24. Here ρ0 represents the material
density, ~v1 and ρ1 are first-order approximations (i.e the sinusoidal time-varying
response) for the particle velocity and density respectively, and ~v2 is a higher-order
correction term that represents the acoustic streaming velocity.
ρ0
B~v2
Bt `
Bρ1~v1
Bt ` ρ0 p~v1∇ ¨ ~v1 ` ~v1 ¨∇~v1q (2.24)
Taking the time-average px¨yq of Equation 2.24 leads to the following expression
for radiation force p~F q,
~F “ ρ0x~v1∇ ¨ ~v1 ` ~v1 ¨∇~v1y (2.25)
For an exponentially attenuating plane wave this force can be expressed in terms
of the time-average intensity p~Iq at any given spatial location as Equation 2.26, where
α represents the absorption coefficient and cL is the longitudinal wave speed [176,
229, 169].
~F “ 2α~I
cL
(2.26)
Herein, an expression for the acoustic radiation force was derived from the right
hand side of the Navier-Stokes equation (Equation 2.23). In performing a similar
perturbation analysis and time-averaging to the left hand side of Equation 2.23 and
assuming that p∇ ¨~v2q is negligible, as done in Nyborg [169], leads to Equation 2.27;
where p2 represents a second-order pressure term.
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~F “ ´∇p2 ` µf∇2~v2 (2.27)
From this expression, the radiation force is described in terms of the shear vis-
cosity operating on the Laplacian operator of the velocity field (i.e. a diffusion of
momentum) such that the acoustic radiation force represents a transfer of momen-
tum from the acoustic wave to the material [169]. In this derivation, any contribution
from scattering has been ignored such that the momentum transfer is assumed to
be only due to absorption of the acoustic energy alone. In soft tissues, where ab-
sorption dominates scattering, this assumption seems valid [34]. For this reason, the
absorption coefficient is typically replaced with an attenuation coefficient.
Note that because this force is related to the time-average intensity, the excitation
frequency of the resulting radiation force is much lower than that of the incident
ultrasonic wave. Therefore, while a linear viscous fluid model was used to account
for the generation of an acoustic radiation force, often a linear elastic solid model
Equation 2.13 is used to describe the response of soft tissues that occurs at these
lower frequencies.
In conventional ultrasound imaging, the magnitude of acoustic radiation force is
relatively small such that tissue displacements are negligible (ă 1 µm). To generate
sufficient acoustic radiation force, ARF methods use a focused transducer and longer
and/or higher power acoustic pulses. Peak acoustic radiation force magnitudes are
typically on the order of dynes for in vivo applications, creating tissue displacements
in the range of 1 to 10 µm.
The acoustic radiation force field is spatially distributed under the active trans-
ducer aperture and is dependent upon the material properties and characteristics of
the transmitted beam. As shown in Equation 2.26, the acoustic radiation force is a
function of the absorption (i.e. attenuation) and intensity. While higher attenuation
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increases the amount of momentum transfer to the medium, it decreases the intensity
of the acoustic wave. Because attenuation is frequency and depth dependent, the
optimal frequency used to generate an acoustic radiation force is application specific
and involves a tradeoff between attenuation losses in the near field and focal point
gain. In general, an increased attenuation or frequency is associated with more near
field losses and a more uniformly distributed force [181]. The focal configuration
of the transmitted excitation beam can be tailored to account for these effects by
modifying the transmit F {# (Equation 2.3).
Shown in Figure 2.9 is a Finite-Element Method (FEM) simulation depicting the
axial displacements induced in a 3D, homogeneous, isotropic, linear, elastic solid
model with E “ 10 kPa by an impulse-like (i.e. short duration) 45 µs, F/1.3,
6.7 MHz acoustic radiation force excitation [176]. The response at 3 time steps
following the application of the acoustic radiation force is portrayed in Figures 2.9a-c.
Initially, the acoustic radiation force is localized within the focal zone, often referred
to as the region of excitation (ROE), resulting in the peak displacement in Figure
2.9a. Shear waves created at the edges of the ROE propagate orthogonally to the
direction of the applied force, causing off-axis displacements of decreased magnitude
due to a spreading of the acoustic energy depicted in Figures 2.9b-c. The response
recorded at three locations distributed across the lateral dimension within (pink
x) and outside (red circle and green square) the ROE through time is depicted in
Figure 2.9d. In heterogeneous soft tissues this dynamic response becomes much more
complicated due to wave reflections at material boundaries and acoustic impedance
mismatches [179]. With the white-dashed lines depicting the material boundaries
between a E “ 10 kPa centeral layer and two softer E “ 2 kPa outer layers, Figure
2.10 portrays this more complicated response for the same transducer configuration
represented in Figure 2.9. Note in Figure 2.10d, the presence of multiple distinct
peaks indicative of the initial shear wave propagating away from the ROE, but also
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Figure 2.9: FEM simulated response in a 3D, homogeneous, isotropic, linear, elastic
solid (E= 10 kPa) depicting the axial displacements from an impulsive 45 µs, F/1.3,
6.7 MHz acoustic radiation force excitation. The axial displacements depicted at 3
different time steps following excitation in (a) through (c) show the propagation of
shear waves away from the ROE. The displacement through time profiles depicted in
(d) show the axial displacements occurring at the focal depth for each of 3 separate
lateral locations, located both on-axis (pink X) and off-axis (red circle and green
square). These profiles reflect the decreased displacement amplitude with increased
distance from the ROE due to geometric spreading.
the reflected shear wave traveling back towards the ROE.
2.5.4 Monitoring the Deformation Response
To derive meaningful information, ARF methods rely upon the ability to accurately
monitor the tissue motion induced by the applied acoustic radiation force. Using
conventional pulse-echo ultrasound, the tissue motion can be monitored spatially
and temporally. Typically performed using phase shift or cross-correlation based
algorithms, an estimate of tissue displacement can be made between signals collected
before the excitation (reference) and after the excitation (tracking).
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Figure 2.10: FEM simulated response depicting the axial displacements from an
impulsive 45 µs, F/1.3, 6.7 MHz acoustic radiation force excitation in a 3D linear,
isotropic, elastic solid consisting of a stiffer material (E= 10 kPa) centered between
two softer materials (E= 2 kPa). The material boundaries are indicated by the
white dashed lines in (a) through (c), which depict the axial displacements at 3
distinct times following excitation. In (b) the shear waves have not reached the layer
boundaries and only the initial shear waves propagating from the ROE are observed.
In (c), just after the shear waves reached the center material boundary, the reflected
and transmitted waves are depicted. Displacement through time profiles in (d) show
multiple distinct peaks indicative of both the incident shear waves along with the
reflected shear waves introduced by the material boundaries.
Cross-Correlation Methods
Developed for estimating blood flow velocities from radiofrequency (RF) data the
cross-correlation technique [22] measures the similarity between a windowed length
of data from the reference and tracking signals. Often referred to as a time-delay
estimation technique, the time shift that results in the maximum cross-correlation
value indicates when the two signals are most similar and represents the time used
to form a displacement estimate. With greater performance, the normalized cross-
correlation method reduces the impact of bright scatterers and is often considered
the gold standard for ultrasonic displacement estimation [71].
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Phase Shift Methods
In 1985, real-time 2D color flow imaging was made possible with a 1D autocor-
relation phase shift estimation method developed by Kasai et al. [115]. Unlike
cross-correlation methods that operate in the time-domain on RF data, the phase-
shift methods operate in the frequency domain utilizing the less memory intensive
demodulated in-phase and quadrature (IQ) data. Improved performance can be ob-
tained using the 2D autocorrelation method developed by Loupas et al. [138] that
accounts for local variations in the center frequency of the received echo for each
displacement estimate. For the small displacements typically encountered with ARF
methods, the 2D autocorrelation method performs reasonably well compared with
normalized-cross correlation and is less computationally intensive [188].
Sources of Bias and Jitter
The ability to accurately estimate tissue motion is quantified by an estimator’s bias
and jitter. Derived by Walker et al. [242] from the Cramer-Rao lower bound, a
theoretical lower limit for the jitter (σ) of correlation-based tracking algorithms for
partially correlated speckle signals assuming a flat power spectral density can be ex-
pressed as Equation 2.28, where SNR is the signal-to-noise ratio, fc is the transducer
center frequency, T is the correlation window length, B is the fractional bandwidth,
and ρc is the correlation value between the signals.
σ “
gffe 3
2f 3c pi
2T pB3 ` 12Bq
˜
1
ρ2c
ˆ
1` 1
SNR
˙2
´ 1
¸
(2.28)
Jitter, which can empirically range from 1 to 5 µm for typical diagnostic ultra-
sound results in noisy images and inaccurate moduli estimates [242, 188, 179]. For
ARF methods, scatterer shearing, a distortion of the scatterer distribution, within
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the point spread function of the tracking beam can decrease the correlation between
the reference and tracking pulses and result in increased jitter and an underestima-
tion of the true displacement magnitude [180, 149].
2.5.5 Imaging Methods
In 1990 Sugimoto et al. [223] proposed that “radiation force of ultrasound is used
instead of fingers” as a means of extending palpation methods to internal organs.
Since then, a variety of ARF methods have been investigated. As shown in Figure
2.11 these methods can be classified according to the temporal duration of the applied
acoustic radiation force excitation and the location of the tracking beams used to
measure the deformation response. In general, the excitation (pushing) pulses can
be applied 1) quasi-statically to achieve a steady state response, 2) transiently in an
impulse-like fashion or 3) harmonically to excite the tissue at specific frequencies.
Tracking beams can be positioned either within the ROE (on-axis) or outside the
ROE (off-axis). Note that with on-axis methods, wherein the deformation is moni-
tored at the location of the applied excitation, the measured response is dependent
upon the magnitude of the applied force. Because this force depends upon material
properties, which are unknown in vivo, on-axis methods can generally only provide
relative measures of elasticity and are often considered qualitative methods. This
can be somewhat confusing however. For instance, in Sonorheometry [238], a force-
free parameter can be estimated from on-axis measurements using a model-based
approach. Because it does not depend upon the magnitude of the applied force, this
can serve as a quantitative parameter that describes the tissue elasticity. In general,
quantitative estimates are most commonly performed using off-axis methods by esti-
mating the speed of shear waves propagating outside the ROE to estimate the shear
modulus from relationships such as (Equation 2.20).
In the following sections, a short description of the various ARF methods that
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Figure 2.11: Ultrasound-based elasticity imaging methods can be categorized by
the excitation source used to deform soft tissue. As presented herein, Acoustic Ra-
diation Force methods can be further classified according to the duration of the
applied acoustic radiation force excitation and the location of tracking beams used
to monitor the deformation response. These methods include: Acoustic Streaming
in Diagnostic Ultrasound [68, 164] , Sonorheometry [238], Acoustic Radiation Force
Impulse (ARFI) Imaging [165, 166], Shear Wave Elasticity Imaging (SWEI) [207],
Supersonic Shear Imaging (SSI) [18], Shear Wave Spectroscopy (SWS) [46], Spa-
tially Modulated Ultrasound Radiation Force (SMURF) [148], Vibro-acoustography
[76, 77], Harmonic Motion Imaging (HMI) [120], Shear Wave Ultrasound Dispersion
Ultrasound Vibrometry (SDUV) [29], and Crawling Wave Spectroscopy (CWS) [97].
have been developed is presented. Clinical applications and implementations on
commercially available scanners will be discussed for selected methods. An overview
of these methods, depicting the different manners in which acoustic radiation force
can be used to induce soft tissue deformation and the relationship between pushing
beam and tracking beam locations, is provided in Figure 2.12.
Quasi-static Methods
In quasi-static methods, a steady state tissue response can be attained by applying
the acoustic radiation force excitation at a high pulse repetition frequency (PRF) for
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Figure 2.12: Overview of acoustic radiation force elasticity imaging methods in
diagnostic ultrasound.
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Figure 2.13: Sonorheometry: Images portray a decrease in the force-free parameter
(τ) indicative of blood stiffening with increasing time after the blood is withdrawn in
three test subjects. The horizontal axis represents the axial depth within the cuvet
containing the blood samples. In Subject 3, who had a history of a blood clotting
disorder, the rate of stiffening is much greater than in Subject 1 and Subject 2. Image
modified with permission from [238].
a relatively long duration. Because tissue heating can be a concern at a high PRF,
quasi-static methods have generally been applied in fluids, where the forces required
to achieve a measurable deformation are less than in soft tissue. The on-axis response
can be monitored using either a separate monitoring device or the same transducer.
Acoustic Streaming in Diagnostic Ultrasound Acoustic streaming is the fluid flow in-
duced by acoustic radiation force in a viscous fluid. Using conventional Doppler
techniques, the velocity of the induced fluid flow can be measured [68]. Clinically,
this method was applied by Nightingale et al. [164] to differentiate fluid filled lesions
(cysts) from solid lesions in breast tissue.
Sonorheometry Developed by Viola et al. [238], the fluid/solid response of blood to a
quasi-static acoustic radiation force excitation can be monitored to assess properties
of coagulation in a method termed Sonorheometry. Using a model-based approach,
the measured response can be fit to a viscoelastic Voigt fluid model to determine the
time-constant (τ), a force-free parameter that provides a quantitative estimate of the
rate of stiffening. Images of the time constant as function of time after a blood sample
is withdrawn from a subject, Figure 2.13, indicate blood stiffening (i.e. decreased τ)
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over time and can be used to differentiate subjects with a clotting disorder (Subject
3) from normal subjects [238]. More recently, an adaptive force method that adjusts
the PRF of the applied excitations based on the maximum displacement has been
developed for an improved dynamic range of stiffness measurements [146].
HemoSonics, LLC has recently introduced a portable analyzer based upon Sonorheom-
etry for characterizing blood hemostasis in a number of settings.
Transient Methods
By applying an impulse-like (short duration) acoustic radiation force excitation, the
transient deformation response of soft tissue can be monitored to derive elasticity
information. Using conventional pulse-echo ultrasound the displacement response
can be monitored both spatially and temporally. For more information on these
methods, the reader is reffered to current reviews [163, 181].
Acoustic Radiation Force Impulse (ARFI) imaging In Acoustic Radiation Force Im-
pulse (ARFI) imaging, a single ultrasound transducer is used to both induce and
monitor a deformation response [165]. At a single lateral location, a typical ARFI
imaging sequence consists of three pulse types: reference pulses(s) are used to estab-
lish a baseline position of the tissue prior to the acoustic radiation force, excitation
(pushing) pulse(s) are used to generate the acoustic radiation force to induce lo-
calized deformation, and tracking pulses applied immediately following the pushing
pulse(s) are used to monitor the deformation response and recovery of the soft tissue.
This ensemble of reference, pushing, and tracking pulses can be translated across the
aperture, similar to B-mode imaging, to acquire 2D (lateral vs. axial) information.
Using either cross-correlation or phase-shift algorithms, the axial displacements from
a single reference pulse and all other tracking pulses, can be calculated to obtain dis-
placement through time datasets that can be used to depict the relative stiffness of
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Figure 2.14: ARFI imaging: Comparing (a) B-mode and (b) ARFI in vivo images
of a hepatocellular carcinoma (HCC) in a human liver. The overlaid ARFI grayscale
represents normalized displacements, and indicates that the HCC displaced farther
than the surrounding cirrhotic liver tissue. While HCC’s are known to be stiffer
than normal liver (and would thus be expected to appear darker in an ARFI image),
this patient was diagnosed with cirrhosis, which is associated with increased tissue
stiffness. Image modified with permission from [74].
soft tissues. Images can be created to reflect the tissue displacement at a specific
time following excitation, the maximum tissue displacement, or the time it takes
to reach the maximum displacement [166]. In general, softer regions will displace
farther, take longer to reach a maximum displacement, and recover more slowly than
stiffer tissues [176, 179].
In a technique, related to both Sonorheometry [238] and ARFI imaging [165,
166] is a method termed Monitored Steady-State Excitation and Recovery (MSSER)
[145]. Here both the steady-state response and the transient recovery following the
cessation of force application is monitored to form an estimate of the tissue elasticity
and stiffness using a model based approach.
Clinically, ARFI imaging has been investigated for multiple applications. It has
been used to assess changes in stiffness over the cardiac cycle in both vascular [66,
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16, 231] and cardiac tissues [107, 106]. Capable of distinguishing ablated regions of
myocardium, ARFI imaging has been used to guide thermal ablation procedures in
the heart [73]. With the goal of identifying patients more at risk of stroke and other
sudden ischemic events, ARFI imaging has shown promise for its ability to distinguish
soft, vulnerable plaques from otherwise stiffer, more stable regions [41, 54]. In cancer
imaging, ARFI imaging has been also been used for tumor characterization in the
breast [211], gastrointestinal [174], prostate [255, 256], and abdomen [74]. As shown
in Figure 2.14, ARFI images often portray improved contrast over matched B-mode
images [74, 256, 178].
Siemens Medical Solutions has implemented a version of ARFI imaging, termed
Virtual Touch™ Tissue Imaging, on their ACUSON S2000™ ultrasound scanner [127].
Towards evaluating the utility of these methods, clinical studies have been ongoing
in Europe and Asia [32, 212, 62, 87, 11, 36, 190].
Shear Wave Elasticity imaging (SWEI) In 1998 Sarvazyan et al. used a high inten-
sity focused ultrasound (HIFU) piston to induce shear waves that were monitored
using MRI, to quantify tissue stiffness in a method they termed Shear Wave Elas-
ticity Imaging (SWEI) to [207]. As applied by Nightingale et al. [167], SWEI can
be performed using a single ultrasound transducer by applying an impulsive acous-
tic radiation force excitation to generates shear waves, whose propagation can be
monitored using conventional pulse-echo ultrasound at locations outside the ROE.
SWEI methods obtain similar information that is acquired in ARFI imaging, except
that tracking beams are positioned outside the ROE. With displacement through
time information at multiple lateral locations separated by a known distance from
the excitation source, the speed of the propagating shear waves can be estimated.
Although inversion of the wave equation (Equation 2.20) was originally employed
for quantifying shear wave speeds [171], these methods are confounded by large jit-
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ter; where differentiation of noisy ultrasonic displacement estimates can lead to an
amplification of the jitter and variable shear wave speed estimates. Therefore, shear
wave speed estimates are typically determined using time-of-flight (TOF) methods
that perform linear regression between the wave arrival time and lateral position
data [150, 243, 201, 200].
Clinically, acoustic radiation force based SWEI methods have been applied to
noninvasively monitor liver fibrosis [177, 182]. Along with ARFI imaging methods,
TOF based shear wave speed quantification methods have been introduced as part of
the Virtual Touch™ Tissue Quantification tool by Siemens Medical Solutions [127].
These tools have been utilized for quantifying the stiffness of various abdominal and
thyroid tissues [84, 91, 99, 190, 104, 139, 81].
Supersonic Shear Imaging (SSI) In Supersonic Shear Imaging (SSI), multiple acoustic
radiation force excitations are applied at increasing focal depths to create a quasi-
plane shear wave source. Developed by Bercoff et al. [18], the method relies upon
applying the excitations at a supersonic speed (i.e. the excitation is moved faster
than the shear wave speed) such that shear waves propagating away from the ROE
sum constructively along a Mach cone to create an axially extended cylindrical shear
wave. Utilizing extensively parallel beamforming and plane wave transmits, SSI
methods are capable of monitoring the deformation response simultaneously across
a large field of view (FOV) at ultrafast (i.e. kHz) frame rates. Using TOF methods,
shear wave speeds can be determined and used to form a quantitative estimate of
tissue stiffness.
SSI has been utilized to detect breast cancer lesions [226], map hepatic viscoelas-
ticity [156], assess stiffness in the muscoskeletal system [44] , and for monitoring ther-
mal ablation procedures [18]. Implemented on their Aixplorer™ultrasound scanner,
SuperSonic Imagine has commercialized SSI methods to create quantitative elastic-
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Figure 2.15: SSI: Matched (a) elastographic and (b) B-mode in vivo images of an
oval breast mass . The heterogeneously stiff breast mass and surrounding tissue are
suspicious findings in the elastography image for the biopsy proven grade III invasive
ductal carcinoma. Image modified with permission from [19].
ity images [17]. Using this technology in a large multinational study, it was found
that SSI methods improved the specificity of breast ultrasound mass assessment [19].
The heterogeneity in breast mass and surrounding tissue in the elastography image
shown in Figure 2.15 is a suspicious sign for what was later identified as a grade III
invasive ductal carcinoma biopsy [19].
Shear Wave Spectroscopy (SWS) Towards evaluating dispersion in soft tissues, the
method of Shear Wave Spectroscopy (SWS) monitors the propagation of shear waves
with frequencies ranging from 75–600 Hz [46]. As an extension of SSI, the SWS
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method generates a quasi-plane shear wave source to induce displacements that can
be monitored across the lateral field of view at ultrafast frame rates. Unlike con-
ventional SWEI and SSI methods that attempt to estimate the shear wave group
velocity, the goal of SWS is to form estimates of the shear wave velocity for individ-
ual frequency components. Because the energy within an individual component is
much smaller than that of the entire signal, SWS methods are challenged by poor
SNR. By assuming homogeneity within a large region of interest (ROI), the SNR can
be improved at the expense of resolution. To assess dispersion, the method applies
Fourier transforms to the propagating shear waves and evaluates the phase difference
as a function of frequency.
Spatially Modulated Ultrasound Radiation Force (SMURF) Rather than monitoring the
propagation of shear waves at multiple lateral locations for a fixed excitation location,
in Spatially Modulated Ultrasound Radiation Force (SMURF) [148], the propagation
of shear waves generated at separated excitation locations is monitored at a single
tracking location. By adjusting the spatial separation between successive excitations,
shear waves of a specific wavelength can be designed. From time of arrival estimates,
the time difference between the shear waves from each source can be estimated. With
the known path length between these sources, a shear wave speed estimate can be
obtained and related to the shear modulus using a model based approach. Because
SMURF uses the time between arriving shear waves, any bias inherent to the time of
arrival of an individual shear wave is removed, assuming that each shear wave would
be subject to the same distortion. For this reason, SMURF is less susceptible to the
varying biases that exist at multiple tracking locations used in other methods [147].
44
Harmonic Methods
Rather than using a mechanical vibrator as in sonoelasticity [132], harmonic ARF
methods use multiple acoustic radiation force excitations to drive soft tissue at fre-
quencies that typically range from 20 to 100 kHz. The frequency of the generated
force can be modulated to elicit a vibratory response that is related to the mechan-
ical properties of the soft tissue. A number of recent reviews of these methods have
been provided to which the reader is referred for more detailed information [236, 121,
237].
Vibro-acoustography In Vibro-acoustography, a method developed by Fatemi and
Greenleaf [76, 77], a low frequency (kHz) radiation force excitation is generated to
locally vibrate tissue, producing a sinusoidal acoustic compressional wave that de-
pends upon the viscoelastic properties of the medium. This oscillatory radiation force
can be generated using two continuous wave excitation pulses that are transmitted
simultaneously, focused at the same location, but with slightly offset frequencies to
vibrate the tissue at the difference (beat) frequency of the two pulses. As described
by Urban et al. [235], a similar response can be achieved using a single amplitude
modulated (AM) continuous excitation pulse. The amplitude and phase of the acous-
tic emission created by the vibrating tissue can be detected with a hydrophone. By
mechanically translating the excitation beam(s) across the elevation-lateral plane,
C-scan type images can be created that depict relative changes in the stiffness of the
interrogated regions.
Towards reducing the acquisition time, recent efforts have focused on implement-
ing the method using a single ultrasound scanner on a commercially available scanner
[234]. With a spatial resolution ă 1mm, Vibroacoustography has been applied in vivo
to detect microcalcifications in arteries [191] and for imaging ex vivo breast [78] and
45
prostate tissues [153].
Harmonic Motion Imaging (HMI) In Harmonic Motion Imaging [120], a separate
ultrasonic imaging transducer can be used to monitor the harmonic motion gener-
ated by either a single AM excitation or the overlapping transmit beams utilized
in Vibro-acoustography. From RF data collected with conventional pulse echo ul-
trasound, cross-correlation based algorithms can be used to estimate the induced
tissue displacements within the interrogated region of interest to qualitatively reflect
changes in material stiffness.
With a separate therapy and diagnostic transducer combined into a confocal
configuration, these methods have been used to visualize thermal ablations created
during focused ultrasound (FUS) therapy [142].
Shear Wave Dispersion Ultrasound Vibrometry (SDUV) Shear Wave Dispersion Ultra-
sound Vibrometry (SDUV) [29] can be used to create monochromatic shear waves of
a designed frequency to assess dispersion in a viscoelastic medium. The method com-
bines Vibro-acoustography, to create harmonic shear waves with SWEI, to monitor
off-axis propagation using diagnostic pulse-echo ultrasound. The phase-shift of the
propagating shear wave between tracking locations separated by a known distance
can be determined and used to estimate the shear wave speed. Applying this over a
range of excitation frequencies, a quantitative estimates of tissue stiffness and viscos-
ity can be derived using a model-based approached. For evaluating dispersion over
a significant frequency bandwidth, where having to transmit multiple narrowband
shear waves of different frequencies can require a long duration, SDUV methods have
also been applied using AM techniques to transmit repeated tonebursts of ultrasound
to generate broadband shear waves [30]. More recently, a model-free based approach
for quantifying viscoelastic properties has been introduced that combines the creep
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response measured in the MSSER imaging method with SDUV shear wave speed
estimation [6].
SDUV has been used in vitro to estimate shear wave velocities in blood vessels
[257, 20], kidney tissue [7], and the prostate [152]. In vivo the method was used to
investigate dispersion in the liver [30].
Crawling Wave Spectroscopy (CWS) Rather than focusing multiple excitation sources
in the same location as in Vibro-acoustography, the pushing beams can be spatially
offset to create two shear vibration sources. This approach has been employed to
provide the mechanical excitation for a sonoelastography [132] derived technique,
termed Crawling Wave Spectroscopy (CWS) [97]. Here, the slow moving crawling
wave that is generated between the two sources of slightly offset frequencies can be
monitored in real-time using conventional Color Doppler techniques. The speed of
the crawling waves are related to the mechanical properties of the tissue and can be
used to form a quantitative estimate of stiffness. More recently, CWS efforts have
been integrated on a commercial ultrasound imaging system [102, 96].
In excised prostate glands, CWS has been used to differentiate cancerous and
normal tissue [8].
2.5.6 Discussion
The phenomenon of acoustic radiation force provides a novel means for determining
the elasticity of tissues deep within the body. Unlike methods using cutaneous me-
chanical excitations such as Transient Elastography (TE) introduced by Fibroscan®,
where the presence of ascites or fluid boundaries proximal to the targeted organ make
it difficult/impossible to induce shear waves, ARF methods benefit from being able
to generate an excitation that can be localized within the specific ROI [205]. How-
ever, the depth at which ARF methods can be applied is limited, due to attenuation
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effects discussed earlier. Early implementations of shear wave imaging systems in the
liver have motivated the use of low frequency ARF excitations and the development
of the Fibroscan® XL mechanical punch for TE methods in obese patients [158, 84,
177, 219, 74].
Each of the ultrasound-based ARF elasticity imaging methods discussed herein
provides a unique mechanism of image contrast that may be useful for delineat-
ing and characterizing disease. Clinically relevant differences in parameters such as
contrast, spatial resolution, temporal resolution (i.e. frame rate) make some meth-
ods more useful for a particular task. Generally, qualitative imaging methods such
as ARFI imaging and Vibro-acoustography have improved spatial resolution com-
pared to shear wave based, quantitative imaging methods including SWEI, SSI, SWS,
SMURF, SDUV, and CWS that typically require large regression kernels in order
to achieve a more precise estimate of the tissue modulus [163]. For this reason,
qualitative imaging methods may be more suited for identifying lesion boundaries
and for visualizing structural information. On the other hand, quantitative methods
may be more useful in cases where the abnormality is not confined to a particular
region, where the lack of a background tissue cannot provide sufficient contrast [30].
Also important are differences in making point measurements compared to creating
multi-dimensional images of tissue elasticity, for which the acquisition time may be
important; especially when large motions can corrupt displacement estimates and
lead to poor image quality or inaccurate modulus estimates. For example, meth-
ods such as HMI and Vibro-acoustography are confined to smaller regions due to
long acquisition times and may be best suited for identifying suspected sites where
biopsy may be performed for closer examination. As demonstrated recently, factors
including imaging location and probe position can impact point measurements and
also need to be considered [134]. On commercially available systems, both Super-
Sonic Imagine and Siemens provide quantitative based imaging modes that allow the
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user to choose different sized regions for which either an image or a specific point
measurement of estimated shear wave speeds (or shear moduli) is provided [17, 127].
While ARF methods have been investigated in research settings since the mid-
1990s, they are just recently emerging into the clinic on commercial systems. For
instance, a surge in publications has occurred in the clinical literature surrounding
the use of shear wave-based imaging modalities to noninvasively characterize liver
fibrosis, a disease that currently relies on invasive needle biopsy to provide a limited
sampling of liver tissue for histologic evaluation. This clinical literature has estab-
lished the feasibility of using ARF elasticity imaging in this setting, and in Europe,
recommendations are being made to concurrently acquire shear wave-based imaging
data of the liver along with biopsy, if not even replacing the biopsy completely with
the elasticity imaging stiffness estimates [157, 196, 218, 210, 99, 250, 93, 27, 220,
143, 26, 204, 217, 151, 158, 23, 182, 38, 216, 224, 40, 222, 5, 195].
The generation of elasticity metrics, such as shear wave speed, by an imaging
system for clinical diagnoses introduces the need for some standardization of those
metrics between different commercial systems and different user implementations
in the clinical setting. To that end, the Radiological Society of North America
(RSNA) Quantitative Imaging Biomarkers Alliance (QIBA) established in 2012 an
Ultrasound Shear Wave Speed Technical Committee to explore the standardization
of quantitative elasticity metrics for clinical applications [192]. The goal of this
committee is to identify and address the system-dependent variability in shear wave
based quantification systems, and to eliminate those variabilities to ease the clinical
interpretation of these novel diagnostic data. Sources of variability may include, but
are not limited to, assumptions in the shear wave reconstruction algorithms, viscous
and nonlinear tissue behaviors, and other dependencies (i.e. heterogeneity) that may
exist over the imaging region of interest. Additionally, when new clinical applications
for elasticity imaging are explored, elasticity metrics need to be established for these
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specific healthy and diseased tissues [181]. This will likely require large scale studies
and efforts to standardize imaging protocols.
In relative elasticity imaging (e.g. ARFI imaging), clinicians must be made aware
that the relative stiffness of a structure may change depending on the health of the
background tissue, as can be the case in studying focal liver lesions in the context
of healthy versus fibrotic liver tissue [74, 32, 212, 195]. Elasticity imaging artifacts
can also exist in quantitative methods, where assumption of tissue isotropy in areas
of reconstruction may be violated. Sources of such artifact in shear wave imaging
include reflections from structural boundaries and out-of-imaging-plane diffraction
effects [200, 45].
In addition to establishing consistency between different imaging systems and
training clinicians to interpret relative elasticity images, there are other factors that
ARF imaging systems must consider when used in the clinical setting. For instance,
in order to generate adequate acoustic radiation force to achieve a measurable dis-
placement in soft tissues, ARF elasticity imaging methods may benefit from the
use of higher intensity and/or longer duration excitation pulses that are currently
constrained by FDA acoustic and thermal exposure guidelines [170, 63]. This is
especially true at depth and when large lateral regions of interest are desired to ob-
serve shear wave propagation. Despite potential benefits of an increased mechanical
index (MI), most ARF elasticity imaging methods maintain an MI ă 1.9 to satisfy
regulatory limits and reduce the likelihood of cavitation. However, these regula-
tory guidelines are based on the output and efficacy of ultrasound systems produced
before 1976 and are not based on specific scientific knowledge regarding bioeffects
due to ultrasound [82]. The American Institute of Ultrasound in Medicine (AIUM)
recently established a subcommittee to review the bioeffects literature and make
recommendations regarding the use of transiently increased output in non-fetal and
non-contrast agent ultrasonic imaging.
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Besides generating an acoustic radiation force, absorption of acoustic energy also
leads to the generation of heat within soft tissue. For a single impulsive acoustic radi-
ation force excitation, the maximum temperature increase is a maximum at the focal
point and can range from 0.02 ˝C to 0.2 ˝C. When repeated acquisitions are used, the
maximum temperature induced can shift to the location of maximum beam overlap
[175]. For increased scan durations and a high PRF, transducer surface heating can
be significant. In satisfying regulatory limits, ARF methods must balance image
quality, frame rates, and scan durations to ensure that the maximum temperature
stays ă 43 ˝C [221].
Improvements in transducer technology and the development of probes specifi-
cally designed for ARF methods will likely allow for greater depth penetration with
less transducer face heating. With enhanced parallel beamforming capabilities, both
on-axis and off-axis information can be monitored simultaneously across a wider
FOV. Additionally, transducers can be specifically designed that operate at different
frequencies to deliver the ideal ARF excitation beams (typically lower frequency),
with higher frequency tracking beams to reduce displacement estimate jitter and
displacement underestimation bias due to scatterer shearing [180, 179, 48].
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3ARFI Identification of Lipid Pools: Finite-Element
Simulation
The work presented in this chapter was published as:
J. R. Doherty, D. M. Dumont, G. E. Trahey, and M. L. Palmeri. “Acous-
tic radiation force impulse imaging of vulnerable plaques: a finite element method
parametric analysis”. Journal of Biomechanics 46.1 (2013), pp. 83–90
3.1 Introduction
As discussed in Section 2.2, the rupture of atherosclerotic plaques has been shown to
be the most common cause of complications including sudden cardiac death, acute
coronary syndromes, and/or stroke [43, 24, 25, 75]. From a purely structural stand
point, plaque rupture occurs when the fatigue strength of the fibrous cap is exceeded.
This has been supported by several groups who, using Finite Element Method (FEM)
techniques, reported increased stresses in ruptured plaques compared to those with
no evidence of rupture found in histology [31, 133, 108]. Towards identifying features
responsible for increased stresses, others have demonstrated that the stress distribu-
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tion is not only a function of the geometry, but also the mechanical properties (i.e.
composition) of the individual plaque components [135, 194]. This may explain why,
in some autopsy cases, many plaques that shared geometric features with unstable
plaques did not rupture [129, 42].
It is widely accepted that a large, soft lipid core, whose lack of supporting col-
lagen makes it unable to bear an imposed load, is particularly dangerous because
it confers greater stress within the overlying cap. Note however, the mechanical
properties of plaque components can vary throughout the course of disease. For
instance, apoptotic cell death and increased degradation of the supporting matrix
can reduce the stiffness of a lipid pool, while other complex changes in response to
drug therapy can increase it’s stiffness [136]. In the fibrous cap, extracellular matrix
degradation of collagen and smooth muscle cells, by enzymes such as matrix metal-
loproteinase I (MMP-1), which occur during later stages of atheroslcerosis have been
shown to weaken the fibrous cap [128, 130]. The ability to reliably characterize the
mechanical properties of a plaque and monitor changes in these properties, could
likely help clinicians identify vulnerable plaques plan appropriate treatments. It’s
relatively low cost and noninvasive nature make Acoustic Radiation Force Impulse
(ARFI) imaging, Section 2.5 and [59], an attractive diagnostic tool for characterizing
the mechanical properties of carotid artery plaques.
In this chapter, the effects of material properties on the ability of ARFI imaging
to differentiate a soft lipid pool from an otherwise stiffer region in carotid artery
plaques is investigated using FEM simulations. A parametric analysis is performed
in five different plaque geometries by varying the material properties of the various
components. Additionally, because fracture of a fibrous cap could lead to significant
consequences, the stresses induced by an ARFI excitation are also investigated and
compared with stresses induced by blood pressure.
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Figure 3.1: Summary of the FEM model development to simulate the dynamic
response of a single acoustic radiation force excitation. The intensity applied at each
node of a constructed mesh was determined for a given ultrasound configuration. The
intensities are scaled according to empirical hydrophone measurements and converted
to body forces. The generated mesh, applied force field, and material properties are
input to the FEM solver to simulate the induced axial displacements and associated
stresses.
3.2 Methods
The FEM models used herein are adapted from models previously developed by
Palmeri et al. [176] for investigating the response of soft tissue to an ARFI excitation.
These models have been experimentally validated in calibrated gelatin-based tissue-
mimicking phantoms [168, 176] and used to investigate the dynamic response of
elastic inclusions to an ARFI excitation [179]. An overview of the FEM model
development for a singe acoustic radiation force excitation is show in Figure 3.1,
with details provided in the following sections.
3.2.1 Plaque Mesh Generation
Three-dimensional, rectangular, solid meshes consisting of 0.1 mm, trilinear, cubic
elements were created using LS-PREPOST2 (Livermore Software Technology Corp.,
Livermore, CA). The mesh extended˘ 5 mm in the lateral (x) dimension, 5 mm in the
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elevation (y) dimension, and 25 mm in the axial (z) dimension. Half-symmetry was
assumed on the front face (x-z plane, y “ 0 mm). The back (x-z plane, y “ 5 mm),
left (y-z plane, x “ ´5 mm), and right (y-z plane, x “5 mm) faces were assumed to
be non-reflecting. Full-constraints were assumed for the top (x-y plane, z “ 1 mm)
and bottom (x-y plane, z “ 26 mm) faces. No slip was allowed at material bound-
aries. Five carotid artery plaque geometries were constructed based upon published
histology and in vivo MIRI images by Li et al. [133]. Each image was manually
segmented to define the media (i.e.a. rterial wall), lumen, fibrous cap, and lipid pool
components and positioned in a tissue component. Material properties were assigned
using custom-written MATLAB™ (MathWorks, Natick, MA) scripts. The geometry
of the lateral-axial plane was assumed constant in the elevation dimension to con-
struct 3D models from the 2D segmented images.
3.2.2 Material Properties
Literature on the material properties of human arteries is not extensive and varies
considerably [105]. Such variation is likely due to differences in the measurement or
analysis techniques from which these values were derived. Differences may also be
attributed to variation in plaque composition which changes as a function of disease
state and atherosclerotic progression. In general, it has been reported that lipid
regions have a modulus several orders of magnitude lower than that of normal arterial
tissue [117, 129, 136], whereas calcified and fibrous regions can be up to five times
stiffer [194]. Choosing values consistent with the literature [12, 13, 130, 31, 125, 135]
a model with Emedia “ 1000 kPa, E cap “ 1000 kPa, and E lipid “ 25 kPa was defined
as a baseline case; where E represents the static Young’s Modulus. A parametric
analysis was conducted by varying the Young’s modulus of each component according
to the values listed in Table 3.1. The background tissue was modeled with E tissue “
4 kPa in all simulations. The material was modeled as a linear, isotropic, and elastic
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Table 3.1: Simulated plaque component Young’s moduli
Baseline Modified
Emedia (kPa) 1000 200, 600, 1500, 2000
E cap (kPa) 1000 2000, 3000, 4000, 5000
E lipid (kPa) 25 0.5, 1, 5, 50
solid with a Poisson’s ratio of 0.495.
Arterial tissues are known to exhibit nonlinear behavior throughout the cardiac
cycle [113]. However, the quasi-linear assumptions herein are appropriate for the in-
finitesimally small strains (ă 1%) that are typically encountered with ARFI imaging
as validated by the models in this study. Also, while appreciable changes in blood
pressure occur over the entire cardiac cycle, it is reasonable to expect that changes
occurring over the short duration (ă 50 msec.) used to acquire ARFI imaging data
would be quite small, such that linear assumptions would be valid. Additionally,
changes in arterial stiffness that may be attributed to nonlinear behavior are within
the wide range of stiffnesses considered in the parametric analysis performed herein.
3.2.3 Acoustic Radiation Force Excitation
Using Field II [112, 111], a linear acoustic field simulation package, the pressure
fields were simulated for a linear cardiovascular transducer array according to the
parameters listed in Table 3.2, where the focal geometry of the transmitted beam is
described by the F {# (Equation 2.3). These imaging parameters have been demon-
strated to be effective for ARFI imaging of carotid plaques, while maintaining FDA
mechanical index and thermal index safety standards [57].
Table 3.2: Simulated ultrasound transducer parameters
Frequency (MHz) 4.0
Pulse Duration (# cycles) 600
Transmit F {# 3.0
Focal Depth (mm) 20
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Simulated pressure fields were converted to intensities and scaled according to
empirically determined intensity values obtained from hydrophone measurements
recorded for the simulated transducer operating under the same parameters listed in
Table 3.2. The scaled intensities were converted to body force values using Equation
2.26.
In soft tissues, the absorption coefficient is approximated by the tissue attenuation
coefficient [34]. Attenuation, which is unknown and varies in vivo, modulates both
the magnitude and also the geometry of the applied force.
To investigate changes in the geometry and magnitude of the applied force as a
function of varying tissue absorption (Section 2.5) , the attenuation was modeled for
values of α “ 0.3 and α “ 0.7, with a baseline value of α “ 0.5 dB/cm/MHz.
3.2.4 Computational Modeling and Data Analysis
The FEM simulations were performed using an explicit time-domain finite element
algorithm available in LS-DYNA (Livermore Software Technology Corp., Livermore,
CA). Effects of varied Poisson ratio and mesh dependencies (i.e. element size) were
investigated. The values used herein were chosen because they minimized simulation
runtime and provided results nearly identical to the convergent solution. For each
simulation, datasets describing the axial displacements and associated Von Mises
stresses were obtained. The Von Mises stress, which combines the three principal
stresses into a single component, was chosen to represent an equivalent stress induced
by the ARFI excitation. The results depicted herein represent the response that is
co-planar with that of the maximum applied force.
Figure 3.2 depicts the simulated axial displacements in a homogenous, isotropic,
and elastic solid material with E “ 4 kPa induced by an impulsive acoustic radiation
force excitation. The dynamic response portrayed in Figure 3.2a describes the mate-
rial deformation occurring at a single lateral location as a function of axial depth and
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Figure 3.2: A FEM simulation portraying the axial displacements from a single,
impulsive, acoustic radiation force excitation centered laterally (x “ 0 mm) in a 3D,
linear, elastic, homogeneous, and isotropic solid with a Young’s modulus of 4 kPa.
The response as a function of axial depth and time following excitation is shown in
a) where the white dashed line indicates the time of maximum axial displacement.
The maximum axial displacements as a function of lateral and axial position that
occur through time is shown in b) for a single excitation. The synthesized 2D ARFI
maximum axial displacement image created by combining the simulated response
from nine separate excitations applied at different lateral locations is shown in c).
time following excitation. The white-dashed line depicts the time at which the maxi-
mum axial displacement occurs. Figure 3.2b shows the maximum axial displacements
through time (i.e. occurring at the time indicated by the white-dashed line in Figure
3.2b) as a function of lateral and axial position from a single excitation centered lat-
erally. To simulate 2D ARFI imaging in which the applied acoustic radiation force
excitation (push) location is segmentally translated across the lateral dimension, the
dynamic tissue response was modeled in separate simulations for each of nine lateral
push locations spaced 1.2 mm apart. Figure 3.2c is the final synthesized dataset that
was created by combining these separate responses.
The magnitude of the applied acoustic radiation force can vary significantly, ow-
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ing to many factors such as geometry, attenuation, scan angle, and imaging depth
[59]. Therefore, with ARFI imaging, it is the relative, and not the absolute, dis-
placements that are most important. For comparing the results obtained herein, the
ability of ARFI imaging to differentiate a soft lipid pool from a stiffer, more calcified
region with a composition similar to that of the media and fibrous cap is quantified
by computing the contrast between the simulated displacements in these regions.
As defined according to Equation 3.1, the contrast is the ratio of the mean axial
displacement in the lipid pool (d¯lipid) to that of the combined media and fibrous cap
regions (d¯media{cap), where the axial displacements pdq correspond to the maximum
displacement occurring through time.
Contrast “ d¯lipid
d¯media{cap
(3.1)
3.3 Results
The maximum axial displacements and Von Mises stresses induced by an impulsive
acoustic radiation force excitation were determined for five carotid artery plaque
geometries as a function of specified material properties. Figure 3.3 shows the re-
sults obtained for the baseline material parameters (α “ 0.5 dB/cm/MHz, Emedia “
1000 kPa, E cap “ 1000 kPa, and E lipid “ 25 kPa). The images in Figure 3.3a rep-
resent the generated FEM meshes, depicting the segmentation of the tissue, media,
lumen, lipid, and fibrous cap components. The maximum axial displacement images
shown in Figure 3.3b represent the synthesized 2D ARFI images. Softer lipid pools
displace more than the surrounding stiffer fibrous cap and media regions. Note that
vertical bands of increased displacements observed in Figure 3.3b were also observed
in the homogeneous FEM example portrayed in Figure 3.2c. These bands are due to
the spacing between adjacent acoustic radiation force excitations distributed across
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Figure 3.3: Simulated FEM results obtained using the baseline material properties
(α “ 0.5 dB/cm/MHz, Emedia “ 1000 kPa, E cap “ 1000 kPa, E lipid “ 25 kPa) for the
five carotid artery models investigated. a) Component segmentation of the media,
lumen, lipid, fibrous cap, and surrounding tissue components. b) Maximum axial
displacement images allow for the visualization of the lipid pool compared to the
stiffer surrounding media and fibrous cap. c) Maximum Von Mises stress contours
show regions of stress concentrations in the thin fibrous cap and media regions.
the lateral dimension. The maximum Von Mises stress contours shown in Figure 3.3c
indicate stress concentrations localized within the thin regions of the fibrous cap and
media. Vertical bands of increased stress, most clearly observed in the thick media
portion of the proximal arterial wall in Model E occur at the edges of the applied
excitations.
In comparing the results between the investigated models, there is great variabil-
ity in the maximum axial displacements shown in Figure 3.3b. For instance, the
lipid component in Model D has a mean (spatially) axial displacement of 2.62˘ 0.70
compared with 1.22˘ 0.33µm in Model B. The lipid displacement also varies within
a given model, a result most clearly observed in Model C. There is also great vari-
ability in the Von Mises stress portrayed in Figure 3.3c for the different geometries.
In Model D, the maximum Von Mises stress value of 837 Pa is much greater than
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Figure 3.4: Simulated FEM results comparing the effects of varied tissue attenua-
tion coefficients (α “ 0.3, 0.5, and 0.7 dB/cm/MHz) on the maximum axial displace-
ments and Von Mises stresses that occur through time in Model D with material
properties Emedia “ 1000 kPa, E cap “ 1000 kPa, and E lipid “ 25 kPa.
the maximum value of 435 Pa observed in Model B.
The baseline results represent the modeled response for a specific set of material
properties. To better understand the contribution of each component, the following
results compare the individual effects of tissue attenuation (Figure 3.4), media stiff-
ness (Figure 3.5), fibrous cap stiffness (Figure 3.6), and lipid stiffness (Figure 3.7).
In these figures, a single model geometry that demonstrates the common trends ob-
served among all models is portrayed for conciseness. The results for all models are
included in Appendix B. The contrast between the lipid pool and the combined media
and fibrous cap regions (Equation 3.1), along with the maximum Von Mises stress,
are portrayed in Figure 3.8 for all model geometries and simulated parameters.
Increased attenuation resulted in a slight increase in the axial displacements of
all components, as demonstrated by Model D in Figure 3.4. While Figure 3.8a shows
a slight decrease in contrast between the lipid pool and surrounding media and fi-
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Figure 3.5: Simulated FEM results comparing the effects of varied media Young’s
modulus values (Emedia “ 200, 600, 1000, 1500, and 2000 kPa) on the resulting axial
displacements and Von Mises stresses in Model B with material properties α “
0.5 dB/cm/MHz, E cap “ 1000 kPa, and E lipid “ 25 kPa.
brous cap components, qualitatively the effects portrayed in Figure 3.4 appear rather
insignificant. Larger Von Mises stresses were observed with increased attenuation,
concentrating in the thin regions of the media and fibrous cap components, especially
in Model D.
In Figure 3.5 a decreased media stiffness in Model B is associated with an in-
crease in the axial displacements of the media component, but has little effect on
the displacements of the lipid and fibrous cap components. This results in a loss of
contrast portrayed in Figure 3.8b. Qualitatively it is observed in Figure 3.5, that as
the stiffness of the media approaches that of the softer lipid component, it is more
difficult to distinguish the boundaries of the lipid region. However, even for values of
Emedia “ 200 kPa the mean lipid displacement is still greater than that of the stiffer
media and fibrous cap for all cases. This suggests that the presence of lipid pool
could be detected even for cases in which the media component is relatively soft. In
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Figure 3.6: Simulated FEM results comparing the effects of varied fibrous cap
Young’s modulus values (E cap “ 1000, 2000, 3000, 4000, and 5000 kPa) on the result-
ing axial displacements and Von Mises stresses in Model E with material properties
α “ 0.5 dB/cm/MHz, Emedia “ 1000 kPa, and E lipid “ 25 kPa.
all modeled geometries, the Von Mises stress within the media component increased
with increasing media stiffness. In all but model D, this was associated with a de-
creased stress within the fibrous cap. Differences in the maximum Von Mises stress
location account for the different trends observed in Figure 3.8b. In Figure 3.5, note
that as the media stiffness increases from Emedia “ 200 kPa the location of maximum
Von Mises stress shifts from the fibrous cap to the media, typically at the proximal
wall. For cases where the media component is extremely thin, the increased Von
Mises stress can be quite significant. For instance, as observed in Figure 3.8b, the
Von Mises stress in Model B changes from 667 Pa with Emedia “ 200 kPa to 1142 Pa
with Emedia “ 2000 kPa.
Demonstrated by Model E in 3.6, the axial displacements of the fibrous cap
decreased with increasing stiffness of the fibrous cap. While, the percent change
in mean axial displacement within the fibrous cap between E cap “ 1000 kPa and
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Figure 3.7: Simulated FEM results comparing the effects of varied lipid Young’s
modulus values (E lipid “ 1000, 1250, 1500, 1750, and 2000 kPa) on the resulting axial
displacements and Von Mises stresses in Model A simulated with material properties
α “ 0.5 dB/cm/MHz, Emedia “ 1000 kPa, and E cap “ 1000 kPa.
E cap “ 5000 kPa can be significant, for instance 51% in Model B, the overall effect of
fibrous cap stiffness on lipid pool detectability in Figure 3.6 appears small. In Figure
3.6, note that increased cap stiffness is associated with an increase in the magnitude
and also the number of stress concentrations. The maximum Von Mises stress in
each model across all modified parameters was obtained for E cap “ 5000 kPa, with
a maximum value of 1154 Pa observed in Model D.
For each model geometry, with decreased lipid stiffness the simulated axial dis-
placements within the lipid region increased, resulting in improved visualization of
the lipid component, as demonstrated in Figure 3.7 for Model A. The contrast re-
sults in Figure 3.8d indicate contrast values ą 4.2 were obtained for all models with
E lipid “ 0.5 kPa. With a value of E lipid “ 50 kPa, the contrast values are ă 1.7
for all models and as shown in Figure 3.7, it can be very difficult to visualize the
lipid pool compared to the surrounding media and fibrous cap for large lipid stiffness
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Figure 3.8: Summary results comparing 1) the contrast of the lipid pool compared
to the media and fibrous cap components and 2) the maximum simulated Von Mises
stress values in the media and fibrous cap regions for each performed simulation.
values. There was no appreciable difference in either the location or magnitude of
the maximum Von Mises stresses for the considered lipid stiffness values, as shown
in Figure 3.7 and Figure 3.8d for all models.
3.4 Discussion
In this chapter, FEM analysis techniques were used to simulate ARFI imaging of
carotid artery plaques. The ability of ARFI to visualize plaques with soft lipid filled
cores, believed to be more vulnerable than stiffer, calcified regions, was demonstrated
across a wide range of material properties for five different geometries. In each case,
the stresses associated with the ARFI excitation, where fracture of a fibrous cap
could lead to significant consequences, were also evaluated.
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3.4.1 Plaque Characterization
An appreciable increase in contrast was observed for low lipid stiffness and/or high
fibrous cap and media stiffness, suggesting that ARFI imaging is best suited for
imaging the most vulnerable of plaques, where increased ratios of the lipid to fibrous
cap stiffness have correlated with evidence of rupture [133]. Changes in contrast were
most dependent upon the material properties of the lipid region. While consistency in
the trends observed for all geometries reported herein suggests true dependencies in
the material properties, differences observed between the models are likely functions
of geometry as well. The results for the baseline material parameters in Figure
2b support this hypothesis, however, a more detailed investigation using simplified
models with controlled geometries is warranted.
The simulated results in this study corroborate those from ARFI imaging of
excised arteries, in which areas of increased displacements corresponded to soft lipid
filled regions found in histology [231]. However, factors including sources of error
inherent to ultrasonic measurement techniques can complicate the results reported
in these simulations [176, 180, 149]. Empirically, jitter (Equation 2.28) typically
ranges from 1 to 5 µm [180, 188]. With mean axial displacements often ă 2µm
observed in the media and fibrous cap, it is expected that the measured contrast
presented in these simulations overestimate what can be achieved experimentally for
the same material properties.
3.4.2 Stress & Safety Considerations
To our knowledge, this work presents the first study investigating the resulting
stresses in arterial plaques due to an ARFI excitation. The magnitude, and in
some cases the location, of the maximum Von Mises stress was observed to depend
upon the stiffness of the plaque components. In all cases, the maximum Von Mises
stress significantly increased with increasing fibrous cap stiffness (Figure 3.8c). It
66
was observed that stress concentrations could shift from locations in the fibrous cap
to those in the media with increased media stiffness (Figure 3.5). It is unlikely,
however, that the stiffness of the fibrous cap would be less than that of the media.
A negligible effect was observed for changes in lipid stiffness on the maximum Von
Mises stress (Figure 3.8d). This is inconsistent with the results of others, who found
that increased lipid pool stiffness resulted in a reduced peak stress due to blood
pressure [133, 136]. The difference here is likely due to the fact that with blood
pressure, the fibrous cap is adjacent to the source of the imposed load such that the
lipid can bear some of the stress. However, as observed with ARFI imaging, stresses
also concentrate throughout the media near the tissue interface, where the lipid has
less supporting role.
To provide perspective on the magnitude of the stresses associated with ARFI
imaging, the Von Mises stresses reported herein for the baseline model are compared
in Table 3.3 with the peak Von Mises stress due to blood pressure reported by Li et
al. [133], whose published histology and MRI images were used to define the FEM
meshes used in this study. Li et al. [133] found higher peak stresses in Models A
and E, which were classified as ruptured plaques based on evidence from in vivo
MRI. Similarly, Cheng et al. [31] reported an average peak circumferential stress of
545.3˘ 159.8 kPa in ruptured lesions due to arterial pressure, which was significantly
higher than 192.5˘ 64.7 kPa found in unruptured lesions. Loree et al. [135] have ar-
gued that fracture of the fibrous cap generally does not occur at circumferential
stresses lower than 300 kPa, based on uniaxial elongation tensile tests of fibrous caps
from ruptured and unruptured aortic plaque specimens [131]. Despite observed vari-
ations in the magnitude and location of developed stresses as a function of geometry
and material properties, the Von Mises stresses we have modeled in response to an
ARFI excitation were ă 1.2 kPa for all parametric cases and geometries considered.
Disparity between the magnitude of stresses induced by an ARFI excitation com-
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Table 3.3: Maximum induced Von Mises stress comparison
ARFI Imaging Induced Blood Pressure Induced
Von Mises Stress (Pa) Von Mises Stress (Pa) [133]
Model A 603 694, 100
Model B 435 199, 600
Model C 663 161, 100
Model D 837 319, 200
Model E 622 672, 500
pared to blood pressure are likely due to differences that exist in the loading of
the different force states. For pressurized thin walled cylinders the circumferential
stresses are dominant according to Laplaces Law [10] which may explain why areas
of peak concentration in thin fibrous caps due to blood pressure have been linked
to sites of rupture [31]. Unlike blood pressure, however, ARFI imaging applies a
compressive normal force acting in a single radial direction. It was observed herein
that areas of increased stress occur at the edges of the applied acoustic radiation
force, as in Figure 3.3c, suggesting that shear stresses are more dominant with ARFI
imaging.
3.4.3 Clinical Utility
The FEM models developed in this study demonstrate feasibility for safely identi-
fying vulnerable plaques with ARFI imaging and allow for a better understanding
of how we might expect the method to perform in cases of varying atherosclerotic
burden. While it was demonstrated that ARFI imaging can readily differentiate a
soft region within an otherwise normally stiff media, its unlikely that the method
can be used distinguish the soft region as an area of intraplaque hemorrhage and/or
a lipid pool. Future studies comparing ARFI derived metrics of stiffness to gold
standard methods for plaque component characterization, such as histology or MRI,
will assess the clinical utility of the method and allow for validation of the FEM
simulations performed herein.
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4Harmonic Tracking of Acoustic Radiation Force
Induced Displacements
The work presented in this chapter was published as:
J. R. Doherty, J. J. Dahl, and G. E. Trahey. “Harmonic Tracking of Acoustic
Radiation Force Induced Displacements”. IEEE Trans Ultrason Ferroelect Freq
Contr 60.11 (2013), pp. 2347–2358
J. R. Doherty, J. J. Dahl, K. R. Nightingale, and G. E. Trahey. “Harmonic
Tracking of Soft-Tissue Deformations”. U.S. Provisional Pat. No. 61,852,084
(2013)
4.1 Introduction
Diagnostic ultrasound is challenged by the presence of clutter, a noise artifact rep-
resenting undesirable echoes that interfere with observations made within the region
of interest. In B-mode imaging, clutter typically presents as a coherent ring-down
artifact or a diffuse haze overlying the image that obscures the visualization of tar-
gets and leads to decreased contrast [189]. In Doppler imaging, clutter signals from
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stationary or slowly moving tissues, such as the vessel walls that are typically 40
to 100 dB stronger than the signal from blood, can significantly bias blood velocity
estimates [21]. Dependent upon the accurate measurement of tissue deformation
to characterize the mechanical properties of soft tissues, ultrasound-based elasticity
imaging methods are also corrupted by clutter.
Ultrasound-based elasticity imaging methods involve both the excitation of soft
tissues and a monitoring of the deformation response. One method, Acoustic Radi-
ation Force Impulse (ARFI) imaging [165, 166], estimates the deformation induced
by an impulsive acoustic radiation force excitation to create images that depict the
stiffness of structures relative to surrounding tissues [59] (Section 2.5). With typical
displacements of 1 – 10 µm [163], the presence of stationary clutter can significantly
bias ARFI induced tissue displacement estimates. In simulations by Pinton et al.
[188], stationary echoes with a -5 dB magnitude relative to moving scatterers resulted
in a 24 % underestimation bias of the true 4.8µm displacement. Clutter imposed bias
is commonly observed in vascular ARFI imaging applications [231, 41], where ring-
down echoes from the adventitia in blood vessels can corrupt displacements measured
in the lumen and make it difficult to delineate the blood–vessel interface and identify
plaque boundaries. In addition, clutter can increase the variance in ARFI imag-
ing displacement estimates. This is especially problematic when imaging abdominal
structures, such as the liver [74], where high levels of jitter due to near-field rever-
beration clutter can make it difficult to track the induced deformation. Reduced
clutter, therefore, would likely improve the quality and diagnostic accuracy of ARFI
imaging.
In Doppler blood flow imaging, wall filters are commonly employed to remove
stationary tissue clutter echoes from signals of flowing blood [110]. These methods
are less effective for ARFI imaging applications where sufficient spectral separation
in the frequency domain is difficult due to significant overlap between the slow ARFI
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induced tissue velocities (e.g. 10 µm { 0.5 msec. = 2 cm/s) and the stationary clutter
component. In the time-domain, Gallippi et al. [86] implemented an adaptive blind
source separation algorithm to remove physiological vessel wall motion from ARFI
induced blood streaming velocities. However, the method has not been shown to
reduce clutter in ARFI induced tissue displacement estimates.
In B-mode imaging, tissue harmonic imaging (Section 2.4.1) has been shown to
reduce clutter and markedly improve image quality [232]. These methods use the
harmonics generated as the acoustic wave propagates through soft tissues [109] to
create images with improved contrast-to-noise ratio (CNR), finer resolution, lesion
visibility, and diagnostic confidence [33, 47, 122]. While the specific mechanisms have
not been fully described, it has been proposed that harmonic imaging: 1) reduces
reverberation clutter from near-field layers, 2) reduces echoes from off-axis scatterers,
and 3) is less sensitive to phase aberration [109, 232, 227]. Of these mechanisms,
Pinton et al. [189] have recently shown that suppression of reverberation clutter
in near-field layers is the dominant source of improvement achieved with harmonic
imaging. Despite the benefits demonstrated in B-mode imaging, the use of harmonic
imaging has not been adopted in ultrasound-based elasticity imaging methods.
In this chapter, the use of harmonic methods to track the displacements induced
by an impulsive acoustic radiation force excitation is investigated. A novel, fully
sampled pulse inversion harmonic tracking method is introduced that, unlike con-
ventional pulse inversion methods, does not suffer from a decreased temporal sam-
pling frequency. Performance of this pulse inversion method and a filtered harmonic
approach are compared with conventional methods that track the fundamental com-
ponent of echoes in homogeneous, tissue-mimicking phantoms and in vivo carotid
arteries.
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Figure 4.1: a) Arbitrary ARFI deformation response that is monitored using a
pulse inversion scheme that transmits pulses of alternating polarity (` and ´) at
a PRF equal to 1{tprf, where tprf is the pulse repetition time between subsequent
transmits. As shown, the response is monitored for a period that begins before the
excitation and extends for a duration beyond the peak displacement response. b)
The conventional pulse inversion method sums each (`) pulse with the subsequent
(´) pulse, resulting in a temporal sampling frequency of 1{p2ˆtprfq. c) The proposed
fully sampled pulse inversion method sums each (`) pulse with the subsequent (´)
pulse, but also sums each (´) pulse with the subsequent (`) pulse to construct a
harmonic signal with a temporal sampling frequency of 1{tprf, which is equal to the
PRF of the transmitted pulses.
4.2 Fully Sampled Pulse Inversion Harmonic Tracking
Utilizing the harmonic components to estimate tissue displacements offers several po-
tential advantages. First, Equation 2.28 predicts decreased jitter with the increased
frequency of the harmonic components. Second, the decreased beam width of a
higher frequency pulse may also decrease the underestimation bias in measured dis-
placements [180, 149]. In addition, the clutter suppression observed with harmonic
methods in conventional B-mode imaging would likely reduce the bias and jitter in
displacement estimates from off-axis scatterers and/or reverberation.
Despite potential advantages, the use of harmonic tracking methods for improved
displacement estimation is not particularly obvious. Compared to the filtered har-
monic approach, Equation 2.28 predicts a reduction in jitter with the increased SNR
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of a pulse inversion harmonic technique. However, induced motion that occurs be-
tween the acquisition of pulse inverted signals, which are subsequently combined,
may reduce correlation between returned echoes and thereby increase jitter. In ad-
dition, the decreased temporal sampling frequency of conventional pulse inversion
methods may be particularly challenging for tracking the transient response of soft
tissue to an impulsive acoustic radiation force excitation. With a decreased temporal
resolution, it is more difficult to capture the peak displacement of the tissue response.
While the specific results of this effect depend upon material properties, such as shear
wave speed, a decrease in measured displacement may result in decreased contrast if
the magnitude of the measured displacement approaches the jitter magnitude [168].
To increase the temporal sampling frequency, a fully sampled (i.e. no loss in
temporal resolution) pulse inversion summing scheme demonstrated in Figure 4.1 is
proposed. Here, pulses of opposite polarity are alternately transmitted at a pulse
repetition frequency (PRF) equal to 1{tprf, where tprf is the pulse repetition time
between subsequent transmits, to track the arbitrary displacement recovery curve in
Figure 4.1a. In this idealized ARFI deformation response the axial displacements
are monitored for a period that begins before the excitation is applied and extends
for a duration beyond the peak displacement response. As shown in Figure 4.1b,
the conventional pulse inversion method results in a temporal sampling frequency
that is half the PRF of the transmitted pulses. By combining returned echoes with
alternate pairs of pulse inverted echoes, the fully sampled pulse inversion method
shown in Figure 4.1c can be used to create a harmonic dataset with a temporal
sampling frequency equal to the PRF of the transmitted pulses.
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(+) 4 MHz Reference/Tracking Pulse
(+) 8 MHz Reference/Tracking Pulse
(+) 4 MHz Pushing Pulse
(+) 4 MHz Reference/Tracking Pulse
Figure 4.2: ARFI imaging pulse sequence consisting of an ensemble of reference
pulse(s), pushing pulse(s), and tracking pulse(s) applied at each of multiple lateral
locations uniformly distributed across the FOV. In the first portion of the sequence,
4 MHz pulse inverted (` and ´) pulses were used to construct 1) 4 MHz fundamental
2) filtered harmonic and 3) pulse inversion harmonic images. In the second portion
of the sequence, identical polarity (`) 8 MHz pulses were used to construct an 8 MHz
fundamental image.
4.3 Methods
4.3.1 Pulse Sequencing
Custom pulse sequences were developed that acquire spatially-matched fundamental
B-mode, fundamental ARFI, harmonic B-mode, and harmonic ARFI information
within a single acquisition. As shown in Figure 4.2, the ARFI imaging pulse se-
quence consisted of two portions. In the first portion of the sequence, an ensemble of
4 MHz pulses that alternate in polarity was transmitted to monitor the deformation
response at each of several spatially-distinct lateral locations. In the second portion
of the sequence, an ensemble of 8 MHz fundamental pulses of identical polarity was
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transmitted at each of the same lateral locations that were used in the first portion of
the sequence. As indicated, multiple images can be created from the echoes received
using this pulse sequence, including: 1) 4 MHz fundamental, 2) filtered harmonic,
and 3) pulse inversion harmonic, all from the first portion of the sequence, and 4)
8 MHz fundamental data from the second portion of the sequence.
A 4 MHz 150µsec pushing pulse with an F{3 configuration was used in both
portions of the sequence. The deformation response was monitored 0.7 msec before
and 2.6 msec following the start of the acoustic radiation force excitation at a PRF of
9.4 kHz using a single on-axis (i.e. aligned with the center of the applied excitation)
tracking beam. The excitation and tracking beam ensemble was applied at 50 distinct
lateral locations uniformly distributed across a 15 mm FOV. The total duration of the
pulse sequence was 420 msec. The pulse sequences were implemented on a diagnostic
ACUSON S2000™ ultrasound scanner with a 9L4 linear array transducer (Siemens
Medical Solutions USA, Inc., Issaquah, WA).
4.3.2 Data Acquisition
Data were acquired in calibrated, tissue-mimicking, elastic, homogeneous phantoms
(CIRS Corporation, Norfolk, VA) with Young’s Modulus (E) values of 4.5 kPa, 9 kPa,
and 24 kPa, as determined by the manufacturer using an indenter system. In the
phantoms, data were separately acquired at focal depths of 20 mm and 30 mm.
Data were also acquired in vivo in the carotid artery of human subjects according
to an Institutional Review Board (IRB) approved protocol (Duke University Protocol
ID: Pro00012795). All subjects provided written, informed consent prior to partici-
pation in the study. The study population included normal, healthy subjects with no
known carotid artery plaques and subjects with carotid artery plaques that had been
previously identified during a routine ultrasound exam. For each subject, between
three and five imaging data sets were acquired at multiple imaging locations, with a
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few second pause between acquisitions, to confirm spatial and temporal repeatability
of the images.
In phantom and in vivo experiments, raw radiofrequency data were acquired
at 40 MHz and processed off-line with MATLAB™ (The MathWorks, Natick, MA)
software.
4.3.3 Data & Image Processing
The pulse inversion transmit scheme used in the first portion of the pulse sequence
(Figure 4.2) results in a halving of the temporal sampling frequency between returned
echoes of identical polarity. To create the fully sampled 4 MHz fundamental data,
the returned echoes of alternating polarity were separately tracked with respect to
their own reference pulse, and then combined.
The harmonic components of the received radiofrequency data were obtained
using both the filtered and pulse inversion approaches. In the filtered approach, a
50-tap FIR bandpass filter centered at 8 MHz with a fractional bandwidth of 0.3 was
applied to the fully sampled 4 MHz data to obtain the second harmonic components.
The pulse inversion harmonic ARFI imaging data was created using the fully sampled
pulse inversion harmonic method (Figure 4.1c). Created from 4 MHz transmits, the
8 MHz (i.e. second harmonic) components are most dominant in the pulse inversion
harmonic data.
The summing of two echoes separated in time, as performed in the fully sam-
pled pulse inversion harmonic approach (Figure 4.1), may function as a low-pass
filter. To evaluate the impact of this potential averaging effect, 8 MHz fundamental
radiofrequency data was summed according to the fully sampled pulse inversion har-
monic approach to create averaged 8 MHz fundamental data. Because the polarity
of the summed 8 MHz fundamental echoes are identical, no fundamental cancellation
occurs.
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Axial displacement estimates were calculated using normalized cross-correlation
(NCC) with a 1.5λ tracking kernel that was updated for the different frequencies
between the fundamental and harmonic methods [22]. In the homogeneous phan-
tom experiments, outliers in the raw displacement estimates were removed by dis-
carding estimates greater than the 95th percentile of the displacements measured
at each depth and time following the start of the acoustic radiation force excita-
tion. For in vivo data, quadratic motion filters were used to remove artifacts from
non-ARFI induced motion such as physiologic and transducer motion [107]. Unless
otherwise stated, all ARFI images and corresponding displacement and normalized
cross-correlation values represent estimates 0.80 msec after the start of the acous-
tic radiation force excitation. This specific time was chosen empirically because it
was approximately the time in which maximum contrast was observed in all ARFI
images.
The ARFI images and displacements reported herein correspond to the absolute
magnitude of the estimated displacements. Previous studies have reported positive
and negative, high magnitude displacement noise within the lumen of blood vessels
in ARFI images [41]. Absolute magnitude images show improved visualization of the
blood by reducing this spatially-variant noise within the lumen. Because negative
displacements are not observed outside the lumen, depicting the absolute magnitude
of the displacements does not affect the visualization of the soft tissue regions.
4.3.4 Data Analysis
For each ARFI image acquisition (i), the axial displacement (di,j,k) and associated
normalized cross-correlation value (ρi,j,k) were estimated at each axial depth (j) and
lateral location (k). In the homogeneous phantoms, the mean displacement (di,j) and
mean normalized cross-correlation value (ρi,j), across all N “ 50 lateral locations,
were determined according to Equation 4.1 and Equation 4.2, respectively. Because
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the true displacement is unknown, the mean displacement (δi,j) was used to estimate
the jitter (ψi,j), the root-mean-square of the displacement error, for each phantom
acquisition according to Equation 4.3 [180].
di,j “ 1
N
Nÿ
k“1
di,k,j (4.1)
ρi,j “ 1N
Nÿ
k“1
ρi,k,j (4.2)
ψi,j “
gffe 1
N
Nÿ
k“1
`
di,j,k ´ di,j
˘2
(4.3)
To compare the performance of the tracking methods in phantoms, we report the
mean and standard deviation of the 1) mean displacement pdi,jq, 2) jitter estimate
pψi,jq, and 3) mean normalized cross-correlation coefficient pρi,jq value from ten inde-
pendent acquisitions obtained at different spatial locations within the phantom for
each tracking method.
Measurements of the mean and standard deviation of the measured axial dis-
placements and normalized cross-correlation values within the carotid artery wall of
a normal, healthy subject are used to compare the tracking methods in vivo. In the
presence of carotid artery plaques, which are known to be heterogeneous structures
[103], variance in the displacement may actually correspond to different materials,
such as lipid pools, intraplaque hemorrhage, and/or calcifications, within the arterial
wall. For this reason, in the presence of carotid artery plaques, improvements will
only be characterized on the basis of feature detection and qualitative improvements.
Contrast (Equation 4.4) and CNR (Equation 4.5) were measured to quantify
B-mode image quality according to:
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Contrast “ ´20 log10
ˆ
Si
So
˙
(4.4)
CNR “ |Si ´ So|a
σ2i ` σ2o
(4.5)
Here, Si and So represent the mean signal magnitudes inside and outside the
region of interest, respectively, and σ2i and σ
2
o are the corresponding variances. For
each image shown, the lumen and adjacent arterial walls were manually segmented
to define the inside and outside regions, respectively. To preserve image clarity, the
boundaries of these regions have not been identified in the images shown.
4.4 Results
4.4.1 Phantom Imaging
Figure 4.3 compares the mean axial displacement, jitter estimate, and mean nor-
malized cross-correlation among the fundamental and harmonic tracking methods
in an E= 9 kPa homogeneous, elastic, tissue-mimicking ultrasound phantom with a
focal depth of 30 mm. The solid lines correspond to the mean value with shaded
error bars representing one standard deviation across ten independent acquisitions.
In some cases, especially for the mean displacement, the small magnitude of the er-
ror bars makes them difficult to visualize. In Figure 4.3a the tracking methods are
compared as a function of axial depth at a fixed time of 0.8 msec following the start
of the acoustic radiation force excitation. Conversely, in Figure 4.3b, the methods
are compared as a function of time following the start of the acoustic radiation force
excitation at a fixed depth of 30 mm. The mean displacements are nearly identical
for all tracking methods through depth (Figure 4.3a) and time (Figure 4.3b). Dif-
ferences between the jitter estimates for the various tracking methods depend upon
the specific time and depth, but are relatively small in magnitude for all cases. For
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Figure 4.3: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 9 kPa homogeneous, elastic, tissue-mimicking ultrasound
phantom with a focal depth of 30 mm. The solid lines correspond to the mean value
with shaded error bars representing one standard deviation across ten independent
acquisitions recorded at different locations within the phantom. In a) the tracking
methods are compared as a function of depth at 0.8 msec following the start of the
acoustic radiation force excitation. In b) the tracking methods are compared as a
function of time following the start of the acoustic radiation force excitation at a
depth of 30 mm.
most times and depths, the 4 MHz fundamental method has the largest normalized
cross-correlation value, followed by the nearly identical 8 MHz fundamental and fil-
tered harmonic methods, with the pulse inversion harmonic method having the lowest
normalized cross-correlation value. However, at the focal depth of 30 mm and at a
time shortly following the peak displacement response, which is usually represented
in an ARFI image, the normalized cross-correlation value of all methods is quite
similar and in all cases is greater than 0.993. As a function of time following the
start of the acoustic radiation force excitation, there is a subtle oscillation of the
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mean displacement, jitter estimate, and normalized cross-correlation values for the
4 MHz fundamental, filtered harmonic, and pulse inversion harmonic data sets cre-
ated from the pulse inverted echoes (Figure 4.3b). Similar small differences between
the tracking methods demonstrated in this particular configuration were observed
in phantoms of stiffnesses E= 4.5 kPa and E= 24 kPa and at focal depths of 20 mm
and 30 mm (Appendix C).
4.4.2 In Vivo Imaging
Figure 4.4 shows matched B-mode and ARFI images of a carotid artery (CA) and
jugular vein (JV) in a normal, healthy subject. Qualitatively, less clutter is observed
within the lumen of the carotid artery in the harmonic B-mode images (Figure 4.4c-
d) compared to the fundamental B-mode images (Figure 4.4a-b). This observation
is consistent with contrast values of 21.42 dB, 22.88 dB, 25.03 dB, and 28.61 dB
and CNR values of 0.97, 0.71, 1.01, and 0.95 that were measured in the 4 MHz
fundamental, 8 MHz fundamental, filtered harmonic, and pulse inversion harmonic
B-mode images respectively. In the jugular vein, a bright, coherent signal, indicated
by the yellow arrows, is observed in the 4 MHz fundamental B-mode image (Figure
4.4a). This apparent clutter signal is also observed in the 8 MHz fundamental B-
mode image (Figure 4.4b), but less so in the filtered harmonic B-mode image (Figure
4.4c), and barely noticeable in the pulse inversion harmonic B-mode image (Figure
4.4d). The narrow bandpass filter that was necessary to remove this artifact in the
filtered harmonic B-mode image (Figure 4.4c) appears to have degraded the axial
resolution. Overall, there is a marked improvement in the delineation of the blood–
vessel interfaces along the proximal and distal walls, where they appear smoother
in the harmonic B-mode images (Figure 4.4c-d). In particular, the boundary of the
intima with the lumen in the distal wall is more clearly resolved in the pulse inversion
harmonic B-mode image (Figure 4.4d).
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Figure 4.4: In vivo a) 4 MHz fundamental, b) 8 MHz fundamental, c) filtered
harmonic, and d) fully sampled pulse inversion (PI) harmonic B-mode and ARFI
images of a carotid artery (CA) and jugular vein (JV) in a healthy, normal subject.
Yellow arrows in the 4 MHz fundamental images indicate a spatially matched region
of increased B-mode amplitude and increased ARFI displacement within the jugular
vein near the proximal wall. The white-dashed contours in the 4 MHz fundamental
ARFI image indicate the regions corresponding to the measured displacements and
normalized cross-correlation values listed in Table 4.1.
Table 4.1: Axial displacement estimates and normalized cross-correlation values for
ARFI images in Figure 4.4
Axial Displacement (µm) Normalized Cross-Correlation
Proximal Wall Distal Wall Lumen Proximal Wall Distal Wall Lumen
4MHz
0.83˘0.45 0.81˘0.47 3.14˘3.15 0.997˘0.005 0.999˘0.002 0.973˘0.041
Fundamental
8MHz
0.69˘0.48 0.92˘1.02 3.73˘3.65 0.994˘0.008 0.996˘0.006 0.944˘0.076
Fundamental
Filtered
0.93˘1.07 0.73˘0.38 7.06˘6.44 0.991˘0.013 0.997˘0.003 0.863˘0.143
Harmonic
PI
0.73˘0.41 0.58˘0.28 13.66˘10.68 0.991˘0.014 0.994˘0.014 0.738˘0.207
Harmonic
In the ARFI images, because the applied acoustic radiation force magnitude is
dependent upon focal and absorption effects, the key information portrayed is the
relative displacement of a region of interest compared to that of surrounding tissues.
In general, the stiff vessel walls have uniform displacement of low magnitude (i.e.
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less than 1µm) compared to the softer, surrounding tissues with higher displace-
ments. Relatively high magnitude displacement noise exists within the lumen of the
ARFI images and is greatest in the harmonic ARFI images, particularly in the pulse
inversion harmonic ARFI image (Figure 4.4d).
In the 4 MHz fundamental and 8 MHz fundamental ARFI images (Figure 4.4a-b),
the proximal wall of the carotid artery is difficult to distinguish from surrounding
tissues and the lumen of the jugular vein. A marked improvement in visualization of
the proximal wall is demonstrated in the harmonic ARFI images, most notably with
the pulse inversion harmonic ARFI image (Figure 4.4d). In addition, the boundaries
of the distal wall are much smoother in the pulse inversion harmonic ARFI image
compared to the other ARFI images.
The bright, coherent clutter signal observed in the B-mode image presents as a
region of increased displacement greater than 3µm within the jugular vein near the
proximal wall of the carotid artery, indicated by the yellow arrows, in the matched
4 MHz fundamental ARFI image (Figure 4.4a). Similar to the trend observed in
the B-mode amplitude, this region of increased displacement is also observed in the
8 MHz fundamental ARFI image (Figure 4.4a), but is reduced in the filtered harmonic
ARFI image (Figure 4.4c), and is least obvious in the pulse inversion harmonic ARFI
image (Figure 4.4d).
Measurements of the mean displacement and mean normalized cross-correlation
values plus and minus one standard deviation within the proximal wall, distal wall,
and lumen of the carotid artery portrayed in Figure 4.4 are listed in Table 4.1 for each
ARFI image. The location of the measurement regions, which were based upon the
pulse inversion harmonic ARFI image, are indicated by the white-dashed contours
in Figure 4.4a. Estimates of the ARFI induced tissue displacements are of reduced
magnitude and have less variance in the distal wall in the harmonic ARFI images
(Table 4.1). This is especially true for the pulse inversion harmonic ARFI image,
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which also has the lowest displacement variance in the proximal wall. In the lu-
men, the magnitude and standard deviation of the axial displacement is significantly
greater in the harmonic ARFI images and is greatest in the pulse inversion har-
monic ARFI image. The normalized cross-correlation values are quite similar within
the proximal and distal walls for all tracking methods. In the lumen, however, the
normalized cross-correlation value in the harmonic ARFI images are significantly
reduced in magnitude and have greater variance, especially in the pulse inversion
harmonic ARFI image.
Figure 4.5 shows matched B-mode and ARFI images of a carotid artery and
jugular vein in a subject with known carotid artery plaques. For conciseness, only
the 8 MHz fundamental and pulse inversion harmonic images are portrayed. In the
B-mode images, the plaque boundaries are better visualized in the pulse inversion
harmonic image (Figure 4.5b) compared to the fundamental image (Figure 4.5a).
Despite similar contrast values of 18.93 dB and 19.04 dB, this qualitative comparison
is consistent with the improved CNR value of 1.20 compared to 0.93 for the pulse
inversion harmonic and 8 MHz fundamental B-mode images, respectively.
In the pulse inversion harmonic ARFI image (Figure 4.5b) there is improved
delineation of the blood–vessel interface at the proximal and distal walls of the jugular
vein compared to the 8 MHz fundamental ARFI image (Figure 4.5a). Within the
carotid artery, the magnitude of displacements in the narrow region of the lumen is
similar in magnitude to the displacements in the adjacent plaque and arterial wall
regions in the 8 MHz fundamental ARFI image (Figure 4.5a), making it difficult
to visualize the lumen and identify plaque boundaries. The greater displacements
observed within the lumen of the carotid artery in the pulse inversion harmonic ARFI
image (Figure 4.5b) improve the discrimination of blood from soft tissues and makes
it easier to visualize the plaque boundaries.
Improved feature detection within the plaques is achieved with the pulse inversion
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Figure 4.5: In vivo a) 8 MHz fundamental and b) fully sampled pulse inversion
(PI) harmonic B-mode and ARFI images of a carotid artery (CA) and jugular vein
(JV) in a subject with known carotid artery plaques. The region of interest indicated
by the solid-white lines in the ARFI images are shown enlarged for each method.
Yellow arrows indicate a region of increased displacement that is approximately 2µm
in the pulse inversion harmonic ARFI image that spatially registers to a hypoechoic
region of similar geometry in the B-mode images.
harmonic tracking method. To better illustrate this, an expanded view of the region
of interest indicated by the solid white lines has been provided for the ARFI images
in Figure 4.5a-b. In these expanded views, a region of increased displacement that
is approximately 2µm within the distal wall carotid plaque, indicated by yellow
arrows, can be seen in the pulse inversion harmonic ARFI image (Figure 4.5b).
This particular feature is not readily identified in the 8 MHz fundamental ARFI
image (Figure 4.5a), but is spatially registered with a hypoechoic region of similar
geometry that can be seen in both the fundamental and pulse inversion harmonic
B-mode images.
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Figure 4.6: In vivo a) 8 MHz fundamental and b) fully sampled pulse inversion (PI)
harmonic B-mode and ARFI images showing the bifurcation (BIF) of the carotid
artery (CA) with the shallower jugular vein (JV) in a subject with known carotid
artery plaques. Displacements with a normalized cross-correlation value less than
0.97 have been set to black.
Figure 4.6 shows matched B-mode and ARFI, 8 MHz fundamental and pulse
inversion harmonic images acquired at the bifurcation of a carotid artery in a subject
with a small plaque on the distal wall. Regions of low correlation in the ARFI images
have been masked by setting displacement values with a normalized cross-correlation
value less than 0.97 to black.
Within the lumen of the carotid artery in the pulse inversion harmonic B-mode
image (Figure 4.6b), there is suppressed clutter compared to the 8 MHz fundamental
B-mode image (Figure 4.6a). The pulse inversion harmonic method demonstrates
significant improvements in contrast and CNR; 20.84 dB contrast and 1.35 CNR for
the pulse inversion harmonic B-mode image compared to 16.31 dB contrast and 0.77
CNR for the 8 MHz fundamental B-mode image.
The reduced normalized cross-correlation values associated with displacement es-
timates in regions of blood demonstrated by the pulse inversion harmonic ARFI
images (Table 4.1) allow for improved discrimination of blood from regions of soft
tissue. With the correlation threshold in Figure 4.6, the blood–vessel interfaces along
the proximal and distal walls of the carotid artery are more clearly delineated in the
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Figure 4.7: In vivo averaged 8 MHz fundamental ARFI images obtained in subjects
previously shown in a) Figure 4.4, b) Figure 4.5, and c) Figure 4.6.
pulse inversion harmonic ARFI image (Figure 4.6b) compared to the 8 MHz funda-
mental ARFI image (Figure 4.6a). In addition, the correlation threshold removed
displacement noise from the jugular vein in the pulse inversion harmonic ARFI im-
age (Figure 4.6b) that cannot be identified in the 8 MHz fundamental ARFI image
(Figure 4.6a).
Figure 4.7 shows ARFI images for the averaged 8 MHz fundamental data collected
in the subjects shown previously in a) Figure 4.4, b) Figure 4.5, and c) Figure 4.6.
As previously described, this averaged data was created by summing the identical
polarity 8 MHz fundamental radiofrequency data according to the fully sampled pulse
inversion harmonic approach (Figure 4.1c) developed herein. In comparing the non-
averaged and averaged 8 MHz fundamental ARFI images (Figure 4.4b with Figure
4.7a, Figure 4.5a with Figure 4.7b, and Figure 4.6a with Figure 4.7c) no noticeable
difference is observed.
4.5 Discussion
Despite the extensive use of tissue harmonic imaging in conventional ultrasound, to
the best of our knowledge the utilization of harmonic tracking methods for ultrasound-
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based elasticity imaging has not been reported in the literature. As mentioned pre-
viously, theoretical improvements associated with the increased frequency of the
harmonic components include: 1) decreased jitter based upon the Crame´r-Rao lower
bound and 2) reduced underestimation bias associated with a smaller tracking beam
size [180, 149]. In addition, it seems likely that harmonic methods, which have been
shown to suppress clutter in B-mode imaging [232], may also reduce clutter im-
posed bias and jitter errors in tissue displacement estimates. Towards realizing such
benefits, we developed a novel pulse inversion harmonic method with an improved
temporal sampling frequency to monitor the transient deformation from an impul-
sive acoustic radiation force excitation. In phantoms and in vivo experiments, we
compared this pulse inversion harmonic tracking method with a filtered harmonic ap-
proach and conventional techniques that use the fundamental component of returned
echoes to form a displacement estimate.
In the phantom experiments (Figure 4.3) the jitter increased and normalized
cross-correlation decreased with increasing displacement magnitude, which is consis-
tent with ARFI imaging simulations and experiments reported by others [180, 149].
We suspect subtle differences in the pulse inverted transmit signals, due to nonlin-
earities in the ultrasound system, are responsible for the slight oscillation observed
through time (Figure 4.3b) in the 4 MHz fundamental, filtered harmonic, and pulse
inversion harmonic datasets created from the pulse inverted echoes. Despite this
small artifact, the relatively smooth profiles observed through time (Figure 4.3b)
demonstrate how the fully sampled pulse inversion harmonic method (Figure 4.1c)
can be used to reliably track the transient deformation response without a degraded
temporal sampling frequency. The slight decrease in normalized cross-correlation
values observed with the pulse inversion harmonic method (Figure 4.3) is likely due
to motion that occurs between pulse inverted transmits. The small magnitude of this
decorrelation seems reasonable given the relatively small displacements and does not
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appear to increase jitter. For the various focal depths and phantom stiffnesses in-
vestigated in this study, any difference in the harmonic and fundamental tracking
methods appear to be independent of shear wave speeds and focal effects.
No visible clutter was observed in the homogeneous phantoms used in this study
such that no improvement due to clutter suppression associated with the harmonic
methods was expected in the phantom experiments. This can explain the similarity
between the 8 MHz fundamental method with the 8 MHz filtered and pulse inversion
harmonic methods. In addition, the similarity of the higher frequency tracking meth-
ods (filtered harmonic, pulse inversion harmonic, and 8 MHz fundamental) compared
to the lower frequency 4 MHz fundamental tracking method in phantoms suggests
that improvements, if any, due to an increased frequency are also insignificant. Sim-
ilar results were observed in simulations by Palmeri et al. [180], who demonstrated
that an increased tracking frequency can reduce bias and jitter only if the transducers
fractional bandwidth, centered about the tracking frequency, is held constant with
increasing tracking frequency. This would require the absolute bandwidth to scale
proportionately with the increasing frequency. The fixed bandwidth about the center
frequency of our transducer likely explains why the theoretical improvements pre-
dicted by the Crame´r-Rao lower bound (Equation 2.28) were not observed. Without
clutter and with no improvements due to increased tracking frequency, the similarity
between the harmonic and fundamental tracking methods observed in the phantoms
is not surprising. Despite the lack of improvement shown in the homogeneous phan-
toms, these results indicate that any improvement observed with harmonic tracking
methods in a more challenging environment, such as in vivo imaging, cannot be
attributed to increased tracking frequency and are likely due to suppressed clutter.
The use of harmonic tracking methods markedly improved the quality of in vivo
ARFI imaging. In general, an improved sensitivity to discriminate blood from soft
tissues, making it easier to detect the blood–vessel interface, and improved visualiza-
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tion of arterial features was demonstrated in the harmonic ARFI images compared
to the fundamental ARFI images in Figure 4.4, Figure 4.5, and Figure 4.6. The
comparison between averaged 8 MHz fundamental ARFI images (Figure 4.7) with
the non-averaged 8 MHz fundamental ARFI images (Figure 4.4b, Figure 4.5a, and
Figure 4.6a), suggests that the low-pass filter effect from the summation of pulses
temporally separated is negligible. These results also suggest that the improvements
observed in the pulse inversion harmonic images are not attributed to a simple averag-
ing effect. The reduced clutter observed in the harmonic B-mode images, supported
by improved contrast and CNR, suggests that the improvements observed in the
harmonic ARFI images in vivo are also due to a reduction in clutter.
Clutter suppression achieved with harmonic tracking methods is also supported
by differences in the measured displacements and associated normalized cross-correlation
values between the fundamental and harmonic ARFI images (Table 4.1). It has been
well described in Doppler literature that clutter from stationary or slowly moving
tissues can result in an underestimation of the measured blood velocities [21]. Re-
moval of clutter signals would therefore reduce this bias and lead to an increase in the
measured displacements of the blood. In addition, because stationary clutter is sig-
nificantly more correlated and of higher intensity than echoes from flowing blood, the
removal of clutter signals would lead to decreased normalized cross-correlation val-
ues and subsequently, according to Equation 2.28, increased displacement variance
within the lumen. The increased displacement magnitude, decreased normalized
cross-correlation, and increased displacement variance demonstrated in the lumen of
Figure 4.4 (Table 4.1) with the harmonic ARFI images, especially the pulse inver-
sion harmonic ARFI image (Figure 4.4d), are therefore, all indicative of reduced bias
associated with the removal of stationary or slowly moving clutter. Similar argu-
ments can also explain the increased displacement in Figure 4.5b and the decreased
normalized cross-correlation in Figure 4.6b within the lumen for the pulse inversion
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harmonic ARFI images.
We suspect the decreased B-mode amplitude and decreased ARFI displacement
observed in the harmonic images near the proximal wall in the jugular vein in Figure
4.4 are due to a suppression of clutter. While the specific source is unknown, this
region presents as a large, bright echo, representative of ring-down reverberation in
the 4 MHz fundamental B-mode image. In the spatially matched ARFI image, this
artifact presents as a region of increased displacement that we suspect is biased by
clutter from overlying tissues. The near removal of this clutter signal in the harmonic
images, especially in the pulse inversion harmonic images, suggests that harmonic
tracking methods are less susceptible to such artifacts. We also suspect reduced
bias via suppression of diffuse clutter to account for the improved visualization of
the small region of increased displacement within the distal wall plaque in the pulse
inversion harmonic ARFI image in Figure 4.5b. With the hypoechoic region of similar
spatial location and geometry observed in both the fundamental and harmonic B-
mode images of Figure 4.5, we believe this region is in fact a structural feature of the
plaque and not an imaging artifact. Improved visualization of such small features
are promising for ARFI imaging methods aimed at differentiating carotid plaques
containing small, soft lipid pools believed to be more vulnerable from more stable,
calcified plaques [41, 58]. In addition to reduced bias, the decreased variance in
displacements measured within the stiff arterial walls of the harmonic ARFI images
in Figure 4.4 (Table 4.1) measured in the pulse inversion harmonic ARFI image
suggests harmonic tracking may also reduce jitter in displacement estimates.
While the improvements demonstrated in vivo are consistent with a removal
of clutter, the specific mechanisms are somewhat unclear. Unfortunately, clutter
generating phantoms do not exist commercially and reliably generating clutter in
a controlled experiment remains a challenge. In addition, while recent methods
allow for simulating the nonlinear propagation of waves and can account for multiple
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reflections and scattering [187], these methods do not allow for investigating small
micron-size ARFI displacements. For these reasons, we are currently limited to the
in vivo demonstration of harmonic tracking provided herein. Nonetheless, because
the 4 MHz fundamental, filtered harmonic, and pulse inversion harmonic images were
created from the same radiofrequency data, with the 8 MHz fundamental acquisition
occurring 210 msec later in time (Figure 4.2), it seems unlikely that any in vivo
motion could account for the demonstrated improvements. In addition, while not
explicitly shown, the improvements in harmonic image quality in vivo were consistent
across multiple acquisitions and scanning locations separated in time, such that the
images were temporally and spatially stable.
The improvements demonstrated with the harmonic tracking methods in vivo,
especially with the fully sampled pulse inversion harmonic approach, are promis-
ing. It seems likely that other ARFI imaging applications, including cardiac and
abdominal imaging, where large amounts of clutter from near-field reverberation are
known to degrade B-mode image quality, would also benefit from the reduced bias
and jitter of harmonic tracking methods. The improved estimation of soft tissue dis-
placements may also provide more accurate estimates of wave velocity for acoustic
radiation force shear wave based methods that track the off-axis deformation re-
sponse to quantify material properties. While the pulse inversion harmonic method
seems particularly well suited for the relatively small displacements associated with
acoustic radiation force based elasticity imaging methods, the method may also find
use in other ultrasound-based elasticity imaging methods such as strain imaging and
elastography [172].
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5In Vivo Validation with a MRI Gold Standard
5.1 Introduction
Arterial plaque rupture has been shown to be a major cause of stroke [215], the
fourth leading cause of death and number of cause of long-term disability in the
United States [90] (Section 2.2). As such, the detection of rupture prone plaques that
confer the greatest risk is of paramount importance to the prevention and treatment
of stroke [92].
Retrospective analysis of histological data has shown that plaques with thin fi-
brous caps and large lipid pools are more susceptible to rupture [129, 80, 241, 193]
(Section 2.2). As discussed in Section 2.3, the development of an imaging method
capable of reliably identifying such geometric and compositional features in vivo is
an area of intense research activity [206, 245].
In carotid plaques, multi-contrast weighted MRI has shown the ability to differen-
tiate lipid, fibrous, calcified, hemorrhagic, and thrombotic regions in vivo [101, 100,
203, 202, 225, 251, 253, 161, 230, 233, 116] (Section 2.3). Despite high sensitivity
and specificity values of 95% and 76% for the lipid-rich necrotic core, 84% and 91%
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for calcification, 87% and 84% for hemorrhage, and 79% and 77% for loose matrix,
respectively, for regions ą 2 mm2 [202] the high-cost and long acquisition times make
MRI unattractive for routine scanning procedures.
Mechanical testing of excised plaque specimens has shown there exists a difference
in the mechanical properties of vulnerable vs. stable plaque. In particular, lipid cores
are several orders of magnitude softer than fibrotic and calcified tissue [136, 128, 117].
This high degree of contrast suggests an imaging method capable of characterizing
plaque stiffness may be able to identify high-risk patients (Section 2.1).
Acoustic radiation force-based elasticity imaging with ultrasound (Section 2.5) is
an emerging field that may fit this niche. Unlike conventional B-mode imaging that
differentiates features with dissimilar acoustic properties (e.g. density and speed of
sound), elasticity imaging methods differentiate features and/or structures with dif-
ferent mechanical (e.g. elastic, damping, and inertial) properties and thereby provide
a fundamentally different source of imaging contrast. One method, ARFI imaging,
is particularly attractive for imaging carotid plaques because it is noninvasive and
can be performed in conjunction with commonly performed carotid duplex examina-
tions. Briefly, the technique 1) applies a localized impulsive acoustic radiation force
excitation and 2) measures the induced displacements both temporally and spatially.
In general soft tissues displace further and take longer to recover than stiffer tissue.
Preliminary ARFI imaging studies in vascular tissue showed regions of low displace-
ment in ARFI images correlated with histologically identified collagen and elastic
content in vivo [16] and ex vivo [64]. Soft regions of high-displacement on the other
hand have been associated with lipid-filled regions in histology [231].
Despite the promising results demonstrated in these studies, to date no in vivo
validation effort in human subjects has been reported. One particular challenge
facing these efforts is the use of an appropriate gold standard. Due to changes
in mechanical loading on removed plaques, which are difficult to surgically extract
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Table 5.1: In vivo study population
Subject Age Sex (M/F) Symptomatic (Y/N) Plaque Location
1 68 M N Left BIF/ICA
2 84 F N Right BIF/ICA
3 80 F Y Left BIF/ICA
4 66 M Y Right BIF/ICA
5 72 F N Left ECA
ICA = Internal carotid artery, ECA = External carotid artery,
BIF = carotid bifurcation
in tact, direct comparison of histology with ARFI imaging is not accurate. In an
unpublished study we performed comparing in vivo carotid plaque ARFI images with
histological samples obtained post-endarterectomy, poor spatial registration between
the ARFI images and histological slices made the analysis unreliable.
In this Chapter, initial results comparing ARFI derived images of carotid plaque
stiffness with composition determined by a spatially registered MRI gold standard is
presented.
5.2 Methods
5.2.1 Study Population
Five subjects (mean age 74; SD 7.75; 2 males & 3 females) (Table 5.1) with carotid
artery stenosis ą 50% were recruited to undergo an ultrasound exam and MRI exam
according to to an Institutional Review Board (IRB) approved protocol (Duke Uni-
versity Protocol ID: Pro00042087). Written informed consent was obtained for each
subject prior to data acquisition. Two of these subjects (Subject 3 and Subject 4)
had a recently diagnosed ischemic attack and one subject (Subject 4) is scheduled for
an endarterectomy. The MRI exam was performed within 1 hour following the ultra-
sound exam in Subjects 1–3. Due to scheduling conflicts, the MRI exams for Subject
2 and Subject 5 were acquired three weeks and 6 months, respectively, following the
ultrasound exam.
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5.2.2 Ultrasound (B-mode & ARFI) Imaging
Imaging Protocol
The ultrasound exams were conducted by the same trained sonographer at either the
Frederick R. Cobb Noninvasive Vascular Research Laboratory at the Duke Center
for Living Campus or at Duke University Medical Center. Subjects were imaged
in the supine position, with their head slightly tilted to the side to facilitate access
of the ultrasound probe. A standard B-mode examination was performed to gain
an understanding of the overall extent of the atherosclerotic plaque burden and to
identify viewing angles and locations where image quality was best. At each of these
locations and/or angles (typically 2–3), approximately 5–10 B-mode/ARFI datasets
were acquired, with typically a 30 seconds pause between independent acquisitions.
Note, the B-mode/ARFI datasets utilize custom pulse sequences that do not include
advanced features such as spatial compounding that are typically performed on the
scanner. A screenshot of the high quality B-mode image displayed by the scan-
ner, using gain profiles and display settings set by the sonographer, was saved just
prior to each B-mode/ARFI acquistion. Images were acquired in the transverse and
longitudinal planes. However, due to poor ARFI image quality in the transverse ori-
entation, only the longitudinal planes are shown herein. Imaging angles are reported
with respect to the anterior–posterior axis, with posterior being at 0˝.
B-mode and ARFI imaging was implemented on a diagnostic ACUSON S2000™
ultrasound scanner with a 9L4 linear array transducer (Siemens Medical Solutions
USA, Inc., Issaquah, WA). Previously developed, custom pulse inversion harmonic
imaging sequences that collect spatially matched B-mode and ARFI information
within a single acquisition at a combined frame rate of 4.8 Hz were used [58] (Section
4). Briefly, the B-mode imaging sequence consists of 256 A-lines distributed across
a 40 mm FOV and the ARFI imaging sequence consists of 50 A-lines distributed
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Table 5.2: B-mode & ARFI imaging pulse characteristics
B-mode Imaging
Frequency (MHz) 8.0 (2nd Harmonic)
Pulse Duration (µsec) 0.250
Transmit F {# 2.0
Beam Spacing (mm) 0.154
ARFI
Imaging
Frequency (MHz) 4.0
Push
Beam
Pulse Duration (µsec) 150
Transmit F {# 3.0
Beam Spacing (mm) 0.308
Track
Beam
Frequency (MHz) 8.0 (2nd Harmonic)
Pulse Duration (µsec) 0.250
Transmit F {# 2.0
Beam Spacing (mm) 0.308
across a 15 mm FOV. Each ARFI imaging A-line is composed of a single acoustic
radiation force excitation pulse (Push Beam) that displaces the tissue and a series of
conventional imaging pulses (Track Beams) that monitor the deformation 0.7 msec
before and 2.6 msec immediately following the acoustic radiation force excitation at
a PRF of 9.4 kHz. The specific pulse characteristics for B-mode and ARFI imaging
are listed in Table 5.2.
Raw radiofrequency (RF) data was acquired via the Axius Direct™ Ultrasound
Research Interface (Siemens Medical Solutions USA, Inc., Issaquah, WA) at 40 MHz
and processed off-line with MATLAB™ (The MathWorks, Natick, MA) software.
Data & Image Processing
Axial displacements were measured using normalized cross-correlation (NCC) with
a 1.5λ axial kernel and 0.5λ axial search region [22]. Quadratic based motion filters
were used to remove artifacts from non-ARFI induced motion including physiologic
and transducer motion [107]. Poor quality displacement estimates with a normalized
cross-correlation value less than some threshold, usually 0.99, were set to transparent
in the ARFI images. Unless otherwise stated, a 0.5ˆ0.5 mm median filter was applied
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to the ARFI images which depict the maximum axial displacements measured within
a small temporal window (typically 0.35 to 0.75 msec.) immediately following the
cessation of the acoustic radiation force excitation. To produce a more aesthetically
pleasing ARFI image, remaining noise within the arterial lumen not removed by the
normalized cross-correlation threshold was removed using a mask segmented from
the spatially registered B-mode image.
5.2.3 Magnetic Resonance Imaging (MRI)
Imaging Protocol
MRI data was acquired at the Brain Imaging and Analysis Center in the Duke
University Medical Center. Images of the carotid artery were obtained using a 3.0T
GE Discovery MR750 scanner (GE Healthcare, Waukesha, WI) with a neurovascular
phased array surface coil. A multi-contrast weighted standardized protocol [253] that
has been validated in the literature [253, 202, 225] was implemented. This imaging
protocol consisted of: 1) 3D Time-of-flight (TOF), 2) T1-weighted (T1W) double-
inversion-recovery (DIR) spin echo (SE), 3) T2-weighted (T2W) SE, and 4) proton
density-weighted (PDW) SE sequences. Fat suppression was used to reduce signal
from subcutaneous tissues and no phase wrap was utilized to prevent aliasing. A
finger pulse oximeter was used for cardiac gating. Specific scanning parameters for
the MRI acquisition are listed in Table 5.3.
Images were acquired in the transverse plane with a 16ˆ 16 cm FOV. The voxel
size for the T1W, PDW, and T2W scans was 0.63 ˆ 0.63 ˆ 2.0 mm and for the TOF
scan it was 0.31 ˆ 0.31 ˆ 0.5 mm. In the TOF scan, 80 slices (40 mm) were obtained.
With relatively long acquisition times, the T1W, T2W, and PDW scans were limited
to 10 slices (20 mm). The total MRI examination time was between 60 and 90
minutes. To ensure alignment, the MRI acquisition was positioned according to the
distance from the carotid bifurcation to the plaque measured during the ultrasound
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Table 5.3: MRI acquisition parameters
Scan
Repetition Echo Slice Echo Train
Time (msec) Time (msec) Thickness (mm) Length
3D TOF 1 23 3.5 0.5 1
T1W DIR 2,3 800 9 2.0 14
PDW 2,4 Gated 20 2.0 6
T2W 2,4 Gated 40 2.0 8
TOF = Time-of-flight, T1W = T1-weighted, DIR = Double Inversion Recovery,
PDW = Proton density-weighted, T2W = T2-weighted
1 Matrix Size = 512ˆ 512
2 Matrix Size = 256ˆ 256
3 DIR Inversion Time set to ‘Auto’ and determined by R-wave to R-wave
interval (R–R)
4 Cardiac Gating set to 3 R–R
exam.
Segmentation & 3D Model Rendering
The MRI data was segmented at the Duke Multi-Dimensional Imaging Laboratory
by a trained technician and radiologist who were blinded to the ARFI findings.
Using MRI-PlaqueView™ software (VP Diagnostics, Seattle, WA) the lumen and
outer vessel wall were outlined using a semi-automated boundary detection tool
wherein manual corrections were applied as necessary. The software compares signal
intensities within the arterial wall across the spatially matched TOF, T1W, T2W,
and PDW images (Section 2.3) to identify lipid-rich necrotic core, calcium, loose
matrix, and lumen (blood) components. The 2D segmented images were converted
into DICOMs using Osirix® [199], then imported into 3D Slicer [79] and interpolated
using the parameters in Table 5.4 to render 3D models of the segmented plaque
components.
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Table 5.4: 3D Slicer plaque model rendering parameters
Parameter Value
Smoothing Algorithm Laplacian
Decimation 0.1
Smoothing 50
Joint Smoothing Enabled
5.2.4 Ultrasound & MRI Image Registration
To compare ARFI imaging derived measures of plaque stiffness with spatially reg-
istered plaque composition determined by MRI, a single B-mode/ARFI image pair
was chosen and then registered with the MRI data for each subject according to the
routine in Figure 5.1. To select the representative B-mode/ARFI image pair for each
subject, images acquired at the location and/or angle with the best B-mode image
quality and largest plaque volume were first chosen. Then, considering all the images
recorded at this location, the image pair with the most temporally and spatially con-
sistent features in ARFI imaging was selected. The B-mode image from this pair was
then spatially registered in the 3D TOF volume containing the 3D segmented plaque
model. Image registration was performed manually by the author, taking advantage
of the ability in 3D Slicer [79] to 1) view arbitrary (i.e. non-cartesian) planes, 2) ap-
ply spatial transformations to imported image data, and 3) overlay multiple images
and volumes simultaneously with transparencies to confirm spatial alignment. In
addition to plaque geometry and size, features including the location of the carotid
bifurcation (BIF) and the diameters of the common (CCA), external (ECA), and
internal carotid arteries (ICA) visualized in both the B-mode and 3D TOF images
were used to confirm proper alignment.
With the 3D TOF spatially registered not only to the rendered 3D segmented
plaque volume, but also to the 2D B-mode image, a final image showing the overlaid
intersection of the rendered 3D segmented plaque model on the 2D B-mode image
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Figure 5.1: Overview of ultrasound and MR image registration.
could be created. This image is then compared to the 2D B-mode image with the
overlaid 2D ARFI image. Despite the subjectivity in choosing the most representative
acquisition from all the B-mode/ARFI data collected, the results are semi-blinded
because the ARFI image was not used during the registration process. Rather the
3D segmented regions were compared to the ARFI images only after the 2D B-mode
image was registered within the 3D TOF volume.
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5.3 Results
Spatially registered B-mode, ARFI, and MRI images acquired in vivo in Subjects 1–5
are shown in Figures 5.2–5.8 respectively. In a) of Figures 5.2–5.8, a 2D TOF image
(red imaging plane), 2D B-mode image (green imaging plane), and 3D segmented
plaque model are portrayed in relation to the CCA, ICA, and ECA of the 3D TOF
derived arterial lumen volume rendering. The 2D TOF image is a cropped version
of what is shown in more detail in d), while the 2D B-mode image is a cropped
version of what is shown in more detail in f) and g). The cropped versions are shown
in a) only to depict the spatial orientation of the respective imaging planes. In b)
of Figures 5.2–5.8, a 3D rendering of the segmented plaque model is shown in the
same orientation as shown in a) but without the TOF and B-mode information.
Similarly, in c) of Figures 5.2–5.8 the 3D rendering of the segmented plaque model
is shown without the TOF and B-mode information, but in a rotated orientation. In
d) of Figures 5.2–5.8 a single transverse 2D TOF image, acquired in the red imaging
plane, is shown with overlaid contours of the 3D segmented plaque model which
indicate the various plaque components. The green line indicates the intersection of
the ultrasound imaging plane on this particular transverse MR image in which the
longitudinal B-mode and ARFI images were acquired. In e) of Figures 5.2–5.8, a
high quality 2D B-mode image that was displayed by the ultrasound scanner during
the exam is shown, with two faint vertical lines indicating the smaller FOV of the 2D
ARFI image. The white triangle on the right indicates the focal depth used, where
the depth indexes are displayed in 0.5 cm increments. In f) of Figures 5.2–5.8, the 2D
B-mode image acquired in the green imaging plane is shown with overlaid contours
of the 3D segmented plaque model. In g) of Figures 5.2–5.8 the 2D B-mode image is
shown with the overlaid ARFI image depicting measured axial displacements in µm.
The B-mode and ARFI images represent the spatially registered image pair acquired
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Table 5.5: MRI plaque composition volume summary
Segmented Volume (mm3) (% Total Volume)
Calcium Lipid Loose Matrix Total
Subject 1 117.1 (11.0%) 294.9 (27.6%) 655.3 (61.4%) 1067.3
Subject 2 65.3 (9.0%) 81.8 (11.3%) 577.5 (79.7%) 724.6
Subject 3 230.0 (27.6%) 106.0 (12.7%) 497.2 (59.7%) 833.2
Subject 4 122.4 (14.1%) 122.4 (14.1%) 623.1 (71.8%) 867.9
Subject 5 91.7 (14.2%) 45.4 (7.0%) 510.2 (78.8%) 647.3
in a single acquisition that were chosen to represent the ultrasound data collected
for each subject. The applied acoustic radiation force and therefore the resulting
displacements are depth dependent (Section 2.5) such that ARFI images portray
the relative stiffness of a particular region compared to surrounding tissues. Small
white arrows separating the low displacements of the arterial wall from the high
displacements of the softer surrounding tissue indicate the arterial wall boundaries
in the ARFI image. The white box in f) and g) of Figures 5.2–5.8 indicate the
ARFI image FOV in relation to the B-mode image. Note, the 3D segmented plaque
model in f) is not perfectly aligned with and may extend outside the ARFI image
FOV. White and yellow arrows in the MRI images (a, b, c, e, and f) of Figures 5.2–
5.8 indicate the same calcium and lipid regions of interest. The location of plaque
features described in the following results are referenced according to the lateral
position indicated by the horizontal ruler in the white box of f) and g).
The volume of the calcium, lipid, and loose matrix components of the arterial
wall in the 3D MRI segmented plaque model for each subject are listed in Table 5.5
in mm3 and as a percentage of the total volume of the arterial wall components.
Shown in Figure 5.2 are spatially registered MRI, B-mode, and ARFI images of
the left carotid artery in Subject 1. The 3D segmented plaque models in Figure 5.2
a–c) portray a complicated, heterogeneous plaque with a relatively large lipid pool
(yellow arrow) located at the BIF that continues along the left wall of the ICA and
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Figure 5.2: Subject 1, spatially registered in vivo MRI and ultrasound images.
a) 2D TOF image (red plane), 2D B-mode image (green plane), and 3D segmented
plaque model with 3D TOF arterial lumen volume. b) 3D segmented plaque model
in same orientation as a). c) 3D segmented plaque model in rotated orientation. d)
2D TOF with overlaid 3D segmented plaque model contours. e) High quality 2D
B-mode image. f) 2D B-mode with overlaid 3D segmented plaque model contours.
g) 2D B-mode with overlaid ARFI image showing axial displacements in µm.
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a large calcium region (white arrow) located on the right–anterior side at the BIF
separating the ICA and ECA. Overall, the segmented arterial wall contains 11.0%
calcium, 27.6% lipid, and 61.4% loose matrix by volume (Table 5.5). Small focal
deposits of lipid and calcium are seen intermixed within these larger features. In
Figure 5.2d), the ultrasound imaging plane, indicated by the green line, intersects
both the calcium region separating the ICA and ECA and also the lipid region on
the left side of the ICA. The high quality B-mode image shown in Figure 5.2e was
acquired at an imaging angle of 240˝ with a focal depth of 2.4 cm. Here plaque
is observed on the near and far walls of the ICA with two larger focal deposits
creating moderate stenosis. Acoustic shadowing artifacts are observed near the ECA
and appear to be caused by the focal plaque separating the ICA and ECA at the
BIF. In Figure 5.2f there is generally good agreement between the lumen, arterial
wall, and plaque geometry of the 3D segmented plaque model contours and the 2D B-
mode image. Specifically, the loose matrix (blue) regions of the 3D segmented plaque
model contours are spatially aligned with the arterial wall in the B-mode image which
provides confidence in the spatial registration. The 2D ARFI image, overlaid on the
2D B-mode image in Figure 5.2g, depicts the maximum axial displacements between
0.25–0.65 msec. after the force cessation. Displacements with a NCC value ă 0.95
are set to transparent. Note, there is a high contrast between the low displacements
(« 1µm) of the stiff arterial walls and the increased displacements (ą 2µm) of the
softer surrounding tissue.
In comparing the spatially registered plaque composition shown in Figure 5.2f
with ARFI imaging derived plaque stiffness in Figure 5.2g, the calcium region in the
far wall at approximately 0.0 to 0.25 cm in Figure 5.2f corresponds to a region of
uniformly low displacements (ă 1µm) in the ARFI image in Figure 5.2g. Further up
the ICA (away from the BIF), MRI (Figure 5.2f) indicates a lipid pool («6 mm2) in
the far wall centered at approximately -0.5 cm. There is approximately a (ą 0.5µm)
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increase in the ARFI displacements in this region of Figure 5.2g, compared to those at
the BIF of the far wall, but this difference is quite small. On the near wall, there is a
mix of lipid, loose matrix, and calcium components in the 3D segmented plaque model
contours, with a large («15 mm2) lipid pool (yellow arrow) centered at 0.0 cm. In the
ARFI image in Figure 5.2 the plaque in the near wall is heterogeneous, with larger
displacements (« 3µm) near the BIF. The localized regions of increased displacement
located at ´0.25 cm and from 0.0–0.5 cm were observed in five acquisitions acquired
at an imaging angle of 240˝ over a 3 min. time period.
Shown in Figure 5.3 are spatially registered MRI, B-mode, and ARFI images of
the right carotid artery in Subject 2. The 3D segmented plaque models in Figure
5.3a–c show a plaque localized near the BIF containing a lipid pool (yellow arrow)
on the left side of the CCA that extends along the ICA. A calcium region, best
visualized in Figure 5.3c, is located anterior to the lipid pool. Also observed are
small, focal deposits (white arrow) along the right–anterior side of the ICA. Overall,
the plaque contains 9.0% calcium, 11.3% lipid, and 79.7% loose matrix components
(Table 5.5). In Figure 5.3d, the ultrasound imaging plane, indicated by the green
line, is oriented down the center of the artery and intersects the lipid region. The
high quality B-mode image shown in Figure 5.3e was acquired at an imaging angle
of 140˝ and a focal depth of 2.2 cm. A fairly large, homogeneous plaque is observed
on the far wall of the CCA and ICA with a small focal plaque observed on the near
wall of the ICA. During the ultrasound exam, it was noted that this focal plaque
caused the acoustic shadowing artifact observed in Figure 5.3d and is an expected
calcium deposit. There is good agreement between the arterial and plaque geometry
of the 3D segmented plaque model contours and the 2D B-mode image in Figure 5.3f,
with a slight vertical offset of approximately 1 mm on the near wall at approximately
-0.25 cm. The small calcium deposit in the MRI image (white arrow) is aligned with
the acoustic shadowing artifact in the B-mode image. The 2D ARFI image in Figure
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Figure 5.3: Subject 2, spatially registered in vivo MRI and ultrasound images.
a) 2D TOF image (red plane), 2D B-mode image (green plane), and 3D segmented
plaque model with 3D TOF arterial lumen volume. b) 3D segmented plaque model
in same orientation as a). c) 3D segmented plaque model in rotated orientation. d)
2D TOF with overlaid 3D segmented plaque model contours. e) High quality 2D
B-mode image. f) 2D B-mode with overlaid 3D segmented plaque model contours.
g) 2D B-mode with overlaid ARFI image showing axial displacements in µm.
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Figure 5.4: 2D ARFI images overlaid on 2D B-mode images of the carotid artery
plaque in Subject 2 (Figure 5.3) that were acquired at the same imaging angle (140˝)
but separated in time. The times listed are in reference to the acquisition time of
the image shown in a).
5.3g portrays the maximum axial displacements between 0.25–0.65 msec. after the
force cessation. Displacements with a NCC value ă 0.99 are set to transparent.
The boundary separating the low displacements of arterial wall and plaque from the
increased displacements of surrounding soft tissue are indicated by the white small
arrows in Figure 5.3g.
According to the MRI-derived 3D segmented plaque model contours in 5.3g, the
large plaque on the distal wall contains a large («10 mm2) lipid pool (yellow arrow)
extending laterally from -0.5–0.5 cm that is surrounded by otherwise loose matrix
components of the arterial wall. In the ARFI image of Figure 5.3g, the location of
this lipid pool approximately corresponds to a soft region of increased displacement
(« 1.5µm), extending from -0.25 cm to 0.25 cm, embedded within a stiffer region
of low displacement (« 1.0µm). The displacements observed in the soft region
are similar in magnitude to those measured in the surrounding tissue beneath the
plaque. Thin regions of lower displacements are observed between the soft region and
the lumen - possibly representing a fibrous cap – and also between the soft region
and the surrounding tissue – which likely represent the stiff adventitial layer of the
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arterial wall. Figure 5.4 shows three ARFI images overlaid on B-mode images of the
plaque that were acquired at the same imaging angle (140˝), but separated in time.
The region of increased displacement in the center of the plaque was visualized in
all ARFI images. While not shown, at an imaging angle of 90˝ the region appeared
smaller in size in ARFI images and more acoustic shadowing artifacts were observed
in the B-mode images. We suspect this behavior may have been due to the ultrasound
imaging plane intersecting part of the large calcium deposit, best visualized in Figure
5.3c, located anterior to the lipid pool. Displacements in the near wall of the ARFI
image shown in Figure 5.3g appear noisy and may be due to the focal depth being set
approximately 1 cm deeper to best visualize the plaque on the far wall. In general, the
loose matrix contours in the near wall of the 3D segmented plaque model in Figure
5.3f present as regions of displacement at least ă 3µm lower than the displacements
in the shallower surrounding tissue.
Shown in Figure 5.5 are spatially registered MRI, B-mode, and ARFI images of
the left carotid artery in Subject 3. The 3D segmented plaque models in Figure 5.5a–
c show a heterogeneous plaque primarily dominated by a large calcium region (white
arrow) on the right–posterior side of the ICA and a lipid region on the left side of
the ICA. Several smaller lipid and calcium regions are intermixed with these larger
features, such as the lipid pool (yellow arrow) on the right–posterior side of the ICA
towards the superior end of the 3D segmented plaque model. Overall, the plaque
contains 27.7% calcium, 12.7% lipid, and 59.7% loose matrix components (Table 5.5).
As shown in Figure 5.3d, the ultrasound imaging plane (green line) intersects both
calcium and lipid regions of the plaque, but does not intersect the large lipid pool
on the left side of the ICA. In the high quality B-mode image (Figure 5.5), acquired
at an imaging angle of 240˝ and a focal depth of 3.4 cm, a large plaque on the far
wall of the ICA is observed that creates severe stenosis. The plaque presents as a
bright relatively homogeneous structure with a large amount of acoustic shadowing
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Figure 5.5: Subject 3, spatially registered in vivo MRI and ultrasound images.
a) 2D TOF image (red plane), 2D B-mode image (green plane), and 3D segmented
plaque model with 3D TOF arterial lumen volume. b) 3D segmented plaque model
in same orientation as a). c) 3D segmented plaque model in rotated orientation. d)
2D TOF with overlaid 3D segmented plaque model contours. e) High quality 2D
B-mode image. f) 2D B-mode with overlaid 3D segmented plaque model contours.
g) 2D B-mode with overlaid ARFI image showing axial displacements in µm.
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underneath. There is relatively good agreement between the arterial wall and plaque
geometry of the 3D segmented plaque model contours and the 2D B-mode image in
Figure 5.5f. The 2D ARFI image overlaid on the 2D B-mode image in Figure 5.5g,
portrays the maximum axial displacements between 0.25–0.65 msec. after the force
cessation. There is poor delineation of the near wall of the ECA in the ARFI image
that is likely due to poor focusing, with the focal depth set nearly 1.5 cm deeper at
the far wall of the ICA. Poor displacement estimates with a NCC value ă 0.98 were
obtained in all but a small section located 0.25 cm to 0.75 cm in the surrounding
tissue beneath the ICA due to acoustic shadowing and are set transparent.
Overlaid on the 2D B-mode image in Figure 5.5f, the 3D segmented plaque model
contours show a large calcium region (white arrow) in the far wall ICA plaque that
spans the entire width of the ARFI image FOV. In the 2D ARFI image in Figure
5.5g, the plaque has uniformly low (« 1µm) displacements, except for a very small
(ă 2 mm2) focal region of high displacements (« 4µm) located at 0.1 cm laterally.
This small high displacement region was observed in four acquisitions acquired at
an imaging angle of 240˝ that were acquired approximately 30 sec. apart and is in
close proximity to a small MRI-identified lipid region («1 mm2) observed in Figure
5.5f between 0.25–0.50 cm. Another MRI-identified lipid region («2 mm2) located at
-0.25 cm in Figure 5.5f presents no differently than the low displacements within the
rest of the plaque in the ARFI image in Figure 5.5g.
Shown in Figure 5.6 are spatially registered MRI, B-mode, and ARFI images
of the right carotid artery in Subject 4. This subject had a recent stroke and was
scheduled for an endarterectomy three weeks following the acquisition of the data.
The 3D segmented plaque models in Figure 5.6a–c show a complex, heterogeneous
plaque with lipid and calcium regions that are concentrated on the left side of the
CCA and extend in the posterior direction along the ICA. Overall, the plaque con-
tains 14.1% calcium, 14.1% lipid, and 71.8% loose matrix components (Table 5.5).
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Figure 5.6: Subject 4, spatially registered in vivo MRI and ultrasound images.
a) 2D TOF image (red plane), 2D B-mode image (green plane), and 3D segmented
plaque model with 3D TOF arterial lumen volume. b) 3D segmented plaque model
in same orientation as a). c) 3D segmented plaque model in rotated orientation. d)
2D TOF with overlaid 3D segmented plaque model contours. e) High quality 2D
B-mode image. f) 2D B-mode with overlaid 3D segmented plaque model contours.
g) 2D B-mode with overlaid ARFI image showing axial displacements in µm.
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Figure 5.7: High-quality B-mode images (top row) and ARFI images (bottom
row) of the carotid artery plaque in Subject 4 (Figure 5.6) that were acquired at
different imaging angles and separated in time. The times listed are in reference to
the acquisition time of the image shown in b).
While small focal regions of lipid and calcium exist, the plaque volume is dominated
by a large calcium region (white arrow) with an adjacent lipid region (yellow arrow)
on the left side of the ICA. As shown in the 2D TOF transverse image in Figure
5.6d, the ultrasound imaging plane (green line) intersected both these regions. The
high quality B-mode image in Figure 5.6e, which was acquired at an imaging angle
of 90˝ and at a focal depth of 3.4 cm, shows a large plaque on the far wall of the CCA
and ICA centered at a depth of approximately 3.4 cm. In this B-mode image, the
plaque presents as a heterogeneous mass with a hypoechoic central region between
the far wall and the more hyperechoic plaque top. Acoustic shadowing artifacts
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stemming from the center of the plaque and in the superior direction are observed in
the underlying soft tissue. In Figure 5.6f there is relatively good agreement between
the 3D segmented plaque model contours and the 2D B-mode image, with a slight
vertical offset ă 1 mm observed in the near wall of the ICA at a lateral position of
-0.5 cm. The ARFI image of Figure 5.6g, portrays the maximum axial displacements
between 0.25–1.05 msec. after the force cessation. Displacements with a NCC value
ă 0.98 are set to transparent. There is a good delineation between higher displace-
ments in the surrounding tissue and the lower displacements observed in the near
wall of the ARFI image. In the far wall, the increased displacements of the soft tissue
underlying the arterial wall is observed from 0.25–0.75 cm laterally, but is compli-
cated towards the superior edge due to poor displacement estimates associated with
acoustic shadowing artifacts that have been set to transparent in the image.
In comparing the MRI derived plaque composition in Figure 5.6f with the ARFI
imaging derived plaque stiffness in Figure 5.6g, a plaque in the far wall containing
a central lipid core, with loose matrix components below and calcium regions above
(Figure 5.6f) presents in the ARFI image as a plaque with a region of increased
displacements surrounded by otherwise low displacement regions (Figure 5.6g). More
specifically, the large calcium region (white arrow) («16 mm2) spanning most of the
width of the ARFI image FOV (Figure 5.6f) is associated with a spatially registered
region of uniformly low displacements (« 1µm) in the ARFI image (Figure 5.6g).
The large («11 mm2) lipid region (yellow arrow) beneath the calcium region (white
arrow) in Figure 5.6f has increased displacements (ą 2µm) in the corresponding
ARFI image (Figure 5.6g). While most of the far wall below the soft region in the
ARFI image is difficult to visualize because of acoustic shadowing, a region of low
displacements (« 1µm) is observed from 0.25–0.75 cm (Figure 5.6g) that is spatially
registered with loose matrix components beneath the lipid regions in the segmented
plaque model contours in Figure 5.6f. Interestingly, the shape and location of the
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lipid region in MRI (Figure 5.6f) and the high displacement region in ARFI imaging
(Figure 5.6g) correspond to the hypoechoic region observed in the high quality B-
mode image (Figure 5.6e). Figure 5.7 shows high quality B-mode images (top row)
and ARFI images (bottom row) that were acquired at different imaging angles and
separated in time. As shown, while different in size and geometry, the region of
increased displacement in the center of the plaque (pink arrow) surrounded by regions
of lower displacement is temporally and spatially stable. In all cases, the region of
increased displacement corresponds to the hypoechoic region observed in the B-mode
images. In the near wall, the loose matrix components of the 3D segmented plaque
model contours (Figure 5.6f) correspond to a region of uniformly low displacement
in the ARFI image (Figure 5.6g). The small lipid region at -0.25 cm observed in
Figure 5.6f corresponds to a region of low displacements similar in magnitude with
displacements in the rest of the arterial wall.
Show in Figure 5.8 are spatially registered MRI, B-mode, and ARFI images of the
left carotid artery in Subject 5. The 3D segmented plaque models in Figure 5.6a–c
show a heterogeneous plaque with lipid and calcium components concentrated near
the BIF in the CCA and ECA. Just beyond the BIF is a lipid pool (yellow arrow)
on the left–anterior side of the ECA and even further up in the inferior direction
is a localized calcium region (white arrow) wrapping around the anterior side of
the ECA. Overall, the plaque contains 14.2% calcium, 7.0% lipid, and 78.8% loose
matrix components (Table 5.5). In the 2D TOF transverse image (Figure 5.8d) the
ultrasound imaging plane (green line) intersects the edge of the anterior lipid region.
The high quality B-mode image in Figure 5.8e, which was acquired at an imaging
angle of 270˝ and at a focal depth of 3.4 cm, shows evidence of arterial thickening
due to plaque on the near wall of the ECA near the BIF. In the center of the image, a
plaque approximately 0.25 cm in diameter is clearly observed within the ECA (pink
arrow). Note, this particular plaque was not detected in MRI and is therefore not
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Figure 5.8: Subject 5, spatially registered in vivo MRI and ultrasound images.
a) 2D TOF image (red plane), 2D B-mode image (green plane), and 3D segmented
plaque model with 3D TOF arterial lumen volume. b) 3D segmented plaque model
in same orientation as a). c) 3D segmented plaque model in rotated orientation. d)
2D TOF with overlaid 3D segmented plaque model contours. e) High quality 2D
B-mode image. f) 2D B-mode with overlaid 3D segmented plaque model contours.
g) 2D B-mode with overlaid ARFI image showing axial displacements in µm.
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shown in the segmented plaque models in Figure 5.8a–c. In Figure 5.6f note the
MRI acquisition and ultrasound acquisition were not perfectly aligned, such that the
ARFI image FOV (white box) does not include the BIF or CCA and only includes the
ECA. There is relatively good agreement between the 3D segmented plaque model
contours and the 2D B-mode image, despite the fact that MRI did not detect the
plaque on the superior end in the ECA (pink arrow). The ARFI image in Figure
5.8g portrays the maximum displacements between 0.25–0.65 msec after the force
cessation. Displacements with a NCC value ă 0.99 are set to transparent. Here,
the JV and ICA respectively, above and below the ECA, make a comparison of the
arterial wall displacements with surrounding tissues difficult.
According to the 3D segmented plaque model contours in Figure 5.8f, the arterial
walls contained within the ARFI image FOV are dominated by loose matrix compo-
nents with a small region of calcium on the near wall of the ECA at approximately
-0.25 cm (white arrow) and another region on the far wall at approximately 0.5 cm.
A small portion of the lipid region (yellow arrow) near the BIF on the near wall is
located within the ARFI image FOV. The spatially registered 2D ARFI image in
Figure 5.8g shows relatively low displacements in the near and far wall of the ECA.
Slightly increased displacements are observed in the near wall of the ECA at the
inferior edge of the ARFI image FOV at approximately 0.5 cm laterally that is in
close proximity to the lipid pool (yellow arrow) observed in Figure 5.8g. Compared
to the displacements in the arterial wall, the plaque located at 0.0 cm laterally in
Figure 5.8g contains a central region of increased displacement (ą 5µm).
5.4 Discussion
This chapter presents a preliminary in vivo human study that compares ARFI derived
plaque stiffness with plaque composition. 3D MRI was used as a gold standard to
allow for spatial registration of the ultrasound imaging plane necessitated by the
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small size and heterogeneity of complicated atherosclerotic plaques. A particular
emphasis was placed on evaluating whether ARFI imaging could identify lipid pools
within plaques, whose presence has been correlated with increased vulnerability of a
plaque to rupture.
Despite the small size of this study, with no reported in vivo validation to date,
these results importantly provide early training data for future efforts and aid in the
interpretation and possible clinical utility of ARFI imaging for the identification of
vulnerable plaques.
5.4.1 Plaque Stiffness vs. Composition
Results from five subjects, all with known carotid artery plaques ą 50% stenosis were
reported. Regions of calcium were found in all subjects, according to MRI, and were
generally associated with homogeneous regions of low displacement (typically« 1µm)
in ARFI imaging. Loose matrix components identified in MRI presented as regions
of uniformly low displacement in ARFI imaging that were similar in magnitude
to displacements in regions identified as calcium. MRI confirmed large lipid pools
greater than 10 mm2, when overlaid on spatially registered B-mode images, were
identified by ARFI imaging in three subjects (Subject 1, Subject, 2, and Subject 4).
In two of these subjects (Subject 2 and Subject 4) these lipid regions corresponded to
relatively homogeneous regions of increased displacement, compared to surrounding
tissues, in ARFI images. In the case of Subject 4, the region of increased displacement
in ARFI imaging that was a MRI identified lipid pool was also spatially registered
to a hypoechoic region in B-mode imaging, whose presence has been related to the
presence of ipsilateral neurological events [2, 144].
In the case of Subject 1, the visualization of an MRI identified lipid pool in
ARFI imaging was not particularly obvious. In this case, the location of the large
(«15 mm2) lipid pool identified by MRI in the near wall of the ICA (Figure 5.2f)
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presented as a region of heterogeneous displacements with small localized areas of
increased displacement in the ARFI image (Figure 5.2g). While the presence of such
a large lipid region was not as convincing as in Subject 2 and Subject 4, the difference
between the homogeneous, low displacements of the MRI identified calcium in the
far wall at the BIF compared to the heterogeneous displacements observed in the
near wall in Subject 1 does suggests that ARFI imaging distinguished a difference
between the various plaque components.
Another case where a MRI-identified lipid pool did not correspond to a region
of high displacement was in Subject 3 (Figure 5.5). Here, the two small lipid pools
(ă 2 mm2) embedded within a large calcium region were not readily detected in ARFI
imaging. A similarly small sized lipid region in the near wall of Subject 4 (Figure
5.6) was also not distinguishable in the ARFI image. While the specific source of
these false negatives is not clear, it is possible ARFI imaging cannot detect such
small features.
In Subject 3, a small («2 mm2) region of increased displacements embedded
within an otherwise homogeneously low displacement region did not correspond to
a lipid region in MRI. Similarly in Subject 5, the high displacements of a plaque
creating severe stenosis in the ECA did not correspond to a lipid pool in MRI. In
fact, despite its ease of visualization in the ultrasound B-mode and ARFI images,
this plaque was not detected in MRI. Given the temporal and spatial stability of
these high displacement regions, the source of these false positive errors is not clear.
One plausible explanation may be the poor resolution of MRI associated with the
2 mm slice thickness in the longitudinal orientation in which the B-mode and ARFI
images were acquired.
Differences in the geometry and shape of specific features between MRI and ARFI
imaging could easily be attributed to differences in the sensitivity of the techniques
to various plaque components. In FEM simulations we have previously shown that
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lipid pool stiffness and size, particularly the thickness in the direction of the applied
acoustic radiation force, can affect the visualization of a lipid pool in ARFI imaging
(Chapter 3) [58].
While MRI-identified lipid pools corresponded to regions of increased displace-
ment that were distinguished from surrounding tissue in ARFI imaging, the contrast
in the displacements of these regions in ARFI imaging was quite low (typically ă 2).
A similarly low contrast value of («1.5) was reported by Trahey et al. [231] between
a pathologically confirmed lipid core (« 5µm) and calcium region (« 3.4µm) in an ex
vivo popliteal artery. These values are lower than those reported by Dumont et al.
[66] in arterial tissue-mimicking phantoms, where the displacements of a soft plaque
with a Young’s Modulus (E) of Eplaque “ 19.7 kPa were three times higher than those
measured in the stiffer arterial wall (Ewall “ 121.8 kPa). Previously we showed in
finite element simulations that the contrast is most dependent upon the stiffness of
the lipid pool component, since there is little difference in the displacements of a
stiff arterial wall and an even stiffer arterial wall [58] (Chapter 3). Contrast values,
while also dependent upon the specific geometry, ranged from a maximum of «8 for
a lipid stiffness of Elipid “ 0.5 kPa to a minimum of «1 for Elipid “ 50 kPa, when
the stiffness of the media and fibrous cap was set to Emedia{cap “ 1000 kPa.
5.4.2 Challenges & Limitations
One particular challenge in this study was registering the ultrasound imaging plane
in the MRI volume. While the six degrees of freedom make this a somewhat tedious
task, the unique geometry of the carotid artery and plaques provided sufficient infor-
mation to guide these efforts. Fine tuning of the spatial transformation applied to
the B-mode imaging plane suggested the registration was accurate within « 1mm in
translation and « 5˝ in rotation. Most importantly, the good agreement between the
3D segmented plaque model contours from MRI and the 2D B-mode image in f) of
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Figures 5.2–5.8 provide convincing evidence to validate the registration. In addition,
the spatial alignment of acoustic shadowing artifacts, indicative of calcium, in the
B-mode images of Subjects 1–4 (Figures 5.2–5.6) with regions identified as calcium
in MRI further support the successful registration.
The suspected registration accuracy is similar in magnitude to the resolution
of the MRI gold standard, suggesting the registration cannot be much improved.
Nonetheless, given the sub-millimeter size of the plaque components, possible mis-
registration could easily explain differences in the specific geometry of features in
MRI and ARFI imaging. Several sources could account for possible mis-registration
including changes in arterial geometry due to patient motion and/or natural pulsa-
tion of the carotid artery. Additionally, differences in the neck position during the
ultrasound exam, where the head was slightly tilted, and the MRI exam could change
the spatial relationship between registered features.
The real-time capability of ultrasound allows for the 3D nature of atherosclerotic
burden to be assessed during an exam by changing probe position and angle. Unfor-
tunately, however, this information is lost in a 2D image. In addition, while multiple
angles and locations can be visualized interactively during the exam, sufficient image
quality cannot be achieved in all instances due to limited transcutaneous access. As
shown in image d) of Figures 5.2–5.8, a single 2D ultrasound image interrogates a
very limited region of the plaque, making it entirely possible to miss certain features;
such as the lipid pool on the left side of the ICA in Subject 3. Previously, it has been
shown that ARFI imaging frame rates of 20 fps can be achieved while maintaining
acoustic exposure and thermal limits [55] and that the method can be implemented in
a freehand-sweeping technique with negligible loss in image quality for sweep rates up
to 7.5 mm/sec. [67]. Use of these methods for real-time scanning and/or 3D imaging
may help overcome the limitation of 2D ARFI imaging demonstrated here.
Transverse ARFI images, which were acquired but not presented, may provide
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a better estimate of the overall plaque burden compared to the longitudinal images
contained herein. However, in this and previous unpublished studies, transverse
ARFI imaging has yielded a low number of high quality images. We suspect the
natural circumferential motion, containing both axial and longitudinal components,
in the transverse orientation introduces large motion artifacts that are difficult to
remove from measured displacements. Future efforts investigating this are warranted.
As observed in Subject 2 (Figure 5.3e), Subject 3 (Figure 5.5e), and Subject
4 (Figure 5.6e) the presence of acoustic shadowing artifacts in ultrasound imaging
leads to inaccurate estimates of ARFI displacements and can limit the utility of
ARFI imaging. Sufficient image quality in both the near and far wall of each subject
was not achieved in all cases and is likely due to poor focusing at the near wall when
the focal depth is set to the far wall. As implemented by Dahl et al. [41] use of
multi-focal depth acquisitions that transmit an acoustic radiation force push beam
at multiple focal depths may improve image quality.
5.4.3 Clinical Implications & Utility
This study provides preliminary feasibility results that support the use of ARFI
imaging to identify lipid regions in carotid artery plaques. Unlike other imaging
modalities, ultrasound’s ease of use, low cost, safety, noninvasive nature, and rela-
tively short scan time make ARFI imaging feasible for routine screening exams. Un-
like MRI and CT imaging, however, the results demonstrated herein indicate ARFI
imaging cannot differentiate loose matrix from calcium components in plaque tissue.
In both cases, the displacements within corresponding regions in ARFI images were
approximately 1µm. While calcium is an important indicator of atherosclerosis, re-
cent evidence from MRI has shown the presence of a lipid pool alone is an important
predictor of cardiovascular events [254]. The low contrast in displacements between
the MRI-identified lipid regions and surrounding tissue observed herein may place
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an upper limit on the stiffness of lipid pools that can be identified by ARFI imaging.
Additionally, these results importantly argue that lipids pools can present as regions
of displacement with contrast orders of magnitude lower than the true mechanical
contrast in ARFI imaging. With increasing contrast indicating a softer lipid pool,
it is possible the contrast in ARFI displacements may provide important prognostic
information related to plaque vulnerability.
Despite the promising results in this work, future studies involving more patients
are needed to fully characterize the performance of ARFI imaging and validate its
use. Additionally, studies correlating ARFI imaging derived plaque stiffness with
clinical events in a large number of patients are needed to assess the true clinical
utility of the method.
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6Conclusions & Future Work
6.1 Conclusions
The goal of this research was to evaluate the hypothesis that ARFI imaging can
noninvasively identify lipid pools within carotid artery plaques in vivo. A number of
key accomplishments and contributions to the field were made.
First, feasibility results from a parametric analysis performed using FEM simula-
tions (Chapter 3) showed that ARFI imaging could visualize the complex geometry
of lipid pools in carotid artery plaques of varying shape and stiffness. In all cases,
the contrast in displacements of the lipid pool compared to the normal media and fi-
brous cap regions was at least one order of magnitude lower than the true mechanical
contrast and was most dependent on the stiffness of the lipid pool component. It was
also shown in these simulations that the Von Mises stresses induced by an acoustic
radiation force excitation, with a magnitude typical of that used in ARFI imaging,
are orders of magnitude lower than those induced by blood pressure. These results
support the utility and safe use of ARFI imaging for characterizing potentially fragile
plaques.
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Secondly, a novel pulse inversion harmonic tracking method was developed (Chap-
ter 4) to address the challenge of clutter on tissue displacement estimates in ultra-
sound. Validated in tissue-mimicking phantoms it was shown that, unlike conven-
tional pulse inversion techniques, the fully-sampled displacement response could be
measured without a loss in the temporal sampling frequency. It was also shown in
vivo that this method reduces bias and jitter in displacement estimates for a marked
improvement in image quality that was consistent with a reduction of clutter. The
technique is notable because it presents a fundamentally new way of reducing the
impact of clutter on tissue displacement estimates in ultrasound. Applicable to many
elasticity imaging methods, use of the harmonic tracking method is widespread and
has already been implemented by other groups. For instance, Song et al. [214] re-
cently utilized the pulse inversion harmonic tracking method to, for the first time
reported in the literature, monitor shear waves in myocardium transthoracically in
humans in vivo that could not be tracked using conventional techniques.
Lastly, results from a preliminary in vivo human study (Chapter 5) demonstrated
that ARFI imaging could distinguish different components within plaque tissue. In
particular, MRI-identified lipid pools in carotid plaques corresponded to regions of in-
creased displacement in spatially registered ARFI images, whereas regions of calcium
and/or loose matrix typically presented as homogeneous regions of low displacement
in ARFI imaging. While limited in sample size, these preliminary results provide
evidence to support that ARFI imaging can identify vulnerable plaque containing
lipid pools. With no other in vivo human validation reported in the literature, the
spatially registered MRI and ARFI images provide early training data for future
development.
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6.2 Future Work
The development efforts and results encompassed in this dissertation made obvious
a few avenues of research that have broad implications for the clinical use of acoustic
radiation force in general.
Given the low contrast observed both in FEM simulations and in vivo, a closer
examination is needed to differentiate “pushing” and “tracking” challenges and limi-
tations. The results presented in Chapter 3 present the raw (i.e. untracked) displace-
ments that do not include sources of noise associated with the ultrasonic tracking
of the displacements. While basic studies in lesion phantoms have been performed
[168] further investigations of the pulse sequence parameters that prescribe the fo-
cal geometry and temporal behavior of the acoustic radiation force vs. contrast in
targets of complex shape are warranted. More so, investigations involving multiple
targets of varying stiffness, which are expected clinically, have not been performed.
Addition of the tracking component to these simulations [180] and a comparison with
the untracked displacements can help tease apart whether, and to what extent, the
low contrast observed experimentally is a result of the tissues transfer function to
an acoustic radiation force excitation, or to sources of noise in ultrasound-based dis-
placement tracking, or both. ARFI shear wave elasticity imaging (SWEI) methods
that monitor off-axis displacements to estimate the speed of shear wave propaga-
tion away from the acoustic radiation force excitation may offer improved contrast
[207, 167]. However, boundary conditions and interference patterns associated with
shear wave reflections make their use particularly challenging in small, heterogeneous
structures such as carotid plaques. Future efforts utilizing SWEI imaging in carotid
plaques will need to account for such artifacts.
The small size and heterogeneity of carotid plaques, observed in the 3D MRI-
derived plaque models, necessitates an acoustic radiation force method with finer
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resolution; ideally sub-millimeter “micro-elasticity” capabilities. This would require
the use of narrow, tightly focused pushing and tracking pulses that can be achieved
using higher frequencies and/or low F/#’s. The narrower these pulses, however,
the more densely packed would multiple push and track ensembles across the FOV
need to be. While potential safety concerns associated with the increased number
of pushes required in these micro-elasticity pulse sequences limited their use in the
clinical studies of this dissertation, it would serve the community well to explore
the optimal ARFI imaging sequence parameters without consideration of increased
acoustic and/or thermal exposure.
The results in this dissertation indicate that clutter is a significant source of degra-
dation in ARFI imaging and that harmonic tracking can markedly reduce clutter-
imposed bias and jitter displacement errors. Current investigations are under way
to investigate the use of harmonic tracking in abdominal and cardiac applications
transthoracically, where large amounts of clutter from near-field reverberation are
believed to have limited the success of previous efforts. However, because increased
frequencies are attenuated more quickly, the imaging depth of targets in these appli-
cations requires low frequency acoustic radiation force excitations for sufficient depth
penetration. Unfortunately, the limited bandwidth of current probes poses a partic-
ular challenge for harmonic tracking in these applications, therefore, because they
cannot simultaneously support low frequency pulses needed for pushing and high fre-
quency pulses used for harmonic tracking. Higher bandwidth probes and/or probes
with different pushing and tracking apertures that operate at different frequencies
would be ideal for these applications.
This dissertation contributes to the development of an imaging method that
can hopefully be used for routine screening practices to identify vulnerable plaques.
While the results herein support the use of ARFI imaging for this task, larger multi-
site clinical studies are needed to validate the method and characterize its perfor-
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mance. A significant, but necessary, task involves showing that measures of plaque
stiffness are correlated with clinical events.
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Appendix A
Mechanics Notation
i, j 1 Spatial Vector and Tensor Subindices
~pq “ pqij Vector and/or Tensor Variable
δij Kronecker Delta
∇ Spatial Gradient Operator
∇¨ Divergence Operator
∇ˆ Curl Operator
∇2 Laplacian Operator
ᵀ Transpose Operator
x¨y Time-Average
1Following Einstein convention, summation is implied over repeated vector and
tensor subindices.
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Appendix B
Carotid Plaque FEM Results
The following results compare the individual effects of tissue attenuation (Figure
B.1), media stiffness (Figure B.2), fibrous cap stiffness (Figure B.3), and lipid stiffness
(Figure B.4) on the contrast between the lipid pool and the combined media and
fibrous cap regions (Equation 3.1), along with the maximum Von Mises stress for all
model geometries and simulated parameters investigated in Chapter 3.
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Figure B.1: Simulated FEM results comparing the effects of varied tissue at-
tenuation coefficients (α “ 0.3, 0.5, and 0.7 dB/cm/MHz) on the maximum ax-
ial displacements and Von Mises stresses that occur through time for each plaque
model simulated with material properties Emedia “ 1000 kPa, E cap “ 1000 kPa, and
E lipid “ 25 kPa. 131
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Figure B.2: Simulated FEM results comparing the effects of varied media Young’s
modulus values (Emedia “ 200, 600, 1000, 1500, and 2000 kPa) on the resulting axial
displacements and Von Mises stresses for each plaque model simulated with material
properties α “ 0.5 dB/cm/MHz, E cap “ 1000 kPa, and E lipid “ 25 kPa.
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Figure B.3: Simulated FEM results comparing the effects of varied fibrous cap
Young’s modulus values (E cap “ 1000, 2000, 3000, 4000, and 5000 kPa) on the result-
ing axial displacements and Von Mises stresses for each plaque model simulated with
material properties α “ 0.5 dB/cm/MHz, Emedia “ 1000 kPa, and E lipid “ 25 kPa.
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Figure B.4: Simulated FEM results comparing the effects of varied lipid Young’s
modulus values (E lipid “ 1000, 1250, 1500, 1750, and 2000 kPa) on the resulting axial
displacements and Von Mises stresses for each plaque model simulated with material
properties α “ 0.5 dB/cm/MHz, Emedia “ 1000 kPa, and E cap “ 1000 kPa.
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Appendix C
Harmonic Tracking Phantom Results
Figures C.1–C.5 compare the mean axial displacement, jitter estimate, and mean
normalized cross-correlation values among the fundamental and harmonic tracking
methods as a function of axial depth and time in homogeneous, elastic, tissue-
mimicking ultrasound phantoms of varying Young’s Moduli (E) of 4.5 kPa, 9 kPa,
and 24 kPa and at focal depths of 20 mm and 30 mm. The solid lines correspond to
the mean value with shaded error bars representing one standard deviation across
ten independent acquisitions. In some cases, especially for the mean displacement,
the small magnitude of the error bars makes them difficult to visualize. In a) of each
figure the tracking methods are compared as a function of axial depth at a fixed time
of 0.8 msec following the start of the acoustic radiation force excitation. Conversely,
in b) of each figure, the methods are compared as a function of time following the
start of the acoustic radiation force excitation at a fixed depth of 30 mm.
135
Figure C.1: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 4.5 kPa homogeneous, elastic, tissue-mimicking ultra-
sound phantom with a focal depth of 20 mm. The solid lines correspond to the mean
value with shaded error bars representing one standard deviation across ten inde-
pendent acquisitions recorded at different locations within the phantom. In a) the
tracking methods are compared as a function of depth at 0.8 msec following the start
of the acoustic radiation force excitation. In b) the tracking methods are compared
as a function of time following the start of the acoustic radiation force excitation at
a depth of 30 mm.
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Figure C.2: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 4.5 kPa homogeneous, elastic, tissue-mimicking ultra-
sound phantom with a focal depth of 30 mm. The solid lines correspond to the mean
value with shaded error bars representing one standard deviation across ten inde-
pendent acquisitions recorded at different locations within the phantom. In a) the
tracking methods are compared as a function of depth at 0.8 msec following the start
of the acoustic radiation force excitation. In b) the tracking methods are compared
as a function of time following the start of the acoustic radiation force excitation at
a depth of 30 mm.
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Figure C.3: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 9 kPa homogeneous, elastic, tissue-mimicking ultrasound
phantom with a focal depth of 20 mm. The solid lines correspond to the mean value
with shaded error bars representing one standard deviation across ten independent
acquisitions recorded at different locations within the phantom. In a) the tracking
methods are compared as a function of depth at 0.8 msec following the start of the
acoustic radiation force excitation. In b) the tracking methods are compared as a
function of time following the start of the acoustic radiation force excitation at a
depth of 30 mm.
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Figure C.4: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 24 kPa homogeneous, elastic, tissue-mimicking ultra-
sound phantom with a focal depth of 20 mm. The solid lines correspond to the mean
value with shaded error bars representing one standard deviation across ten inde-
pendent acquisitions recorded at different locations within the phantom. In a) the
tracking methods are compared as a function of depth at 0.8 msec following the start
of the acoustic radiation force excitation. In b) the tracking methods are compared
as a function of time following the start of the acoustic radiation force excitation at
a depth of 30 mm.
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Figure C.5: The mean axial displacement, jitter estimate, and mean normal-
ized cross-correlation (NCC) profiles among the fundamental and harmonic tracking
methods acquired in an E= 24 kPa homogeneous, elastic, tissue-mimicking ultra-
sound phantom with a focal depth of 30 mm. The solid lines correspond to the mean
value with shaded error bars representing one standard deviation across ten inde-
pendent acquisitions recorded at different locations within the phantom. In a) the
tracking methods are compared as a function of depth at 0.8 msec following the start
of the acoustic radiation force excitation. In b) the tracking methods are compared
as a function of time following the start of the acoustic radiation force excitation at
a depth of 30 mm.
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